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The spinal cord provides the major pathway for the signal transmission between 
the brain and peripheral nervous system. Any injury on the spinal cord may disrupt the 
signal transmission partially or completely, and lead to the permanent disability of the 
patient. Therefore, a technique which can evaluate the spinal cord disease burden and 
monitor the treatment progress noninvasively is very essential. Magnetic resonance 
imaging (MRI) has emerged as a powerful tool for imaging of the spinal cord because of 
its high soft-tissue contrast and specificity to the pathologic cord. However, using the 
conventional MRI methods such as 𝑇1-weighted and 𝑇2-weighted imaging, the disease 
burden and monitoring process cannot always be assessed accurately. An advanced 
imaging method, the diffusion MRI of spinal cord, has been proven as a more successful 
imaging method than the conventional MRI methods to detect the lesions in earliest 
stages; however, diffusion MRI of spinal cord is challenging. The major technical 
challenges for the high-resolution diffusion MRI of the spinal cord include the low 
signal-to-noise ratio (SNR) from the small cross-sectional area and deep location of the 
cord, large field inhomogeneity in the static magnetic field due to the magnetic 
susceptibility difference between tissue-bone interface, and patient’s involuntary as well 
as voluntary motions. In addition to the above technical challenges, the signal behavior 
and outcomes of the diffusion MRI cannot be easily interpreted in the spinal cord because 
of its complex microscopic structure. 
 iv 
 
This dissertation contributes significantly in three areas to overcome the 
difficulties currently faced in diffusion MRI of the spinal cord. A Monte Carlo simulation 
(MCS) of water diffusion in white matter (WM) has been developed and performed. The 
simulation provides the deeper understanding of the signal measured in diffusion MRI, 
which facilitates easier interpretation of the outcomes of diffusion MRI. The results of the 
ultrahigh-b radial diffusion-weighted imaging (UHB-rDWI) of excised pig cervical spinal 
cord (CSC) agree fairly well with the results of the simulation. 
An improvement in the SNR of the spinal cord images was achieved by 
constructing an 8-channel CSC dedicated coil, which does not require a commonly used 
preamplifier decoupling technique to minimize the interaction between nonadjacent 
elements. The newly constructed coil provides 1.4−2 time SNR improvement compared 
with the manufacturer’s coil (Siemens’ head neck and spine matrix).  
A new sequence, 2D single-shot diffusion-weighted stimulated echo planar 
imaging with reduced field of view (2D ss-DWSTEPI-rFOV), has been developed for the 
UHB-rDWI of the spinal cord. The 2D ss-DWSTEPI-rFOV sequence acquires an image 
in a single excitation, and thereby reduces motion related artefacts. The reduced phase 
field of view imaging capability of the new sequence minimizes the off-resonance (field 
inhomogeneity and chemical shift) related artefacts. The time efficient sequence acquires 
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The spinal cord is an important structure in the human body, which provides the 
main pathway for the signal transmission between the brain and body. The human spinal 
cord is an approximately cylindrical structure contained in the vertebral column. The 
spinal cord extends from the medulla caudally down to the disc between the first and 
second lumbar vertebrae and is roughly 42−45 cm long and 1 cm in diameter (1). A 
spinal cord cross-section is composed of a butterfly-shaped gray matter (GM) core 
surrounded by the outer white matter (WM). The white matter is composed of 
longitudinally placed tracts of axons which are surrounded by the myelin sheaths, and the 
gray matter is made of the neurons and glia. A lipid bilayer myelin, which surrounds the 
axons in the WM, is a lipid riched membrane (70−80 % lipid and 20−30 % protin by dry 
weight) (2). 
 Any injury on the spinal cord interferes with the signal transmission between the 
brain and peripheral nerves, which may cause permanent disability in the patients. 
Common spinal cord injuries or diseases are traumatic spinal cord injury, chronic spinal 
cord myelopathy, and autoimmune neurodegenerative diseases such as multiple sclerosis 





characterized by inflammation, demyelination, incomplete remyelination, axonal loss, 
and gliosis. Multiple sclerosis is the most common neurological disorder among young 
people (3). A disease or injury in the spinal cord can have a devastating impact on the 
physical and mental health of the affected individual, their families and society. 
Therefore, a noninvasive evaluation technique, which describes the disease burden of the 
spinal cord and its recovery after a therapy, is highly desired.  
Magnetic resonance imaging (MRI) has emerged as a powerful noninvasive 
imaging method for the spinal cord because of its high soft-tissue contrast and specificity 
to the pathologic cord (4). Conventional MRI of the spinal cord includes 𝑇1-weighted and 
𝑇2-weighted imaging. 𝑇1-weighted imaging provides the anatomic detail, and Gd-based 
contrast is usually employed to detect disruption of the blood-brain barrier that implies a 
more acute (or active) lesion. 𝑇2-weighted imaging may provide the best combination of 
lesion detection and artefact minimization. However, it is commonly accepted that these 
conventional imaging methods usually under-detect actual cord lesions. It is also difficult 
to distinguish between neuronal structures and interstitial parenchymal tissues using these 
conventional MRI techniques (5). Therefore, various advanced high resolution imaging 
methods such as diffusion and perfusion MRI have emerged in the area of spinal cord 
imaging.  
 Diffusion MRI relies on the diffusive (Brownian) motion of water molecules in 
the tissue. Although diffusion MRI is known to provide a unique biomarker to evaluate 
spinal cord diseases, the interpretation of the diffusion MRI measurements is not always 
straightforward because the diffusive motion of water molecules in the complex biological 





Bloch-Torry equation (6), which describes the tissues’ bulk magnetization, and hence, the 
signal behavior in the presence of the diffusion-weighted (DW) gradient. Therefore, a 
Monte Carlo simulation (MCS) of water diffusion in biological tissue may provide in-
depth knowledge of the origin of the signal behavior observed in the diffusion MRI. 
Diffusion MRI with low-b (b is determined from the applied gradient field 
strength, and its duration and separation between two gradient lobes) is not always 
successful for the detection of spinal cord abnormalities (7,8). The use of diffusion MRI 
with ultrahigh-b diffusion-weighting has been evolving for spinal cord imaging. Although 
ultrahigh-b diffusion MRI of the spinal cord is beneficial to detect the pathologic changes, 
there are three major technical challenges for ultrahigh-b diffusion MRI of the spinal cord. 
First, obtaining ultrahigh-b (𝑏 > 5000 s/mm2) DW images in most clinical scanners with 
gradient field strength 40 mT/m is almost impossible using a conventional spin-echo as 
the signal decays heavily during the long echo-time (TE ~150 ms) due to the relatively 
short 𝑇2 (80−100 ms). Secondly, a single-shot diffusion-weighted echo planar imaging 
(EPI) technique is commonly used for diffusion MRI of the spinal cord to minimize 
motion related artefacts. However, the severe geometrical distortion is induced on the 
images obtained with conventional single-shot EPI because of the large field 
inhomogeneity in the static field created by the magnetic susceptibility change in the 
bone-tissue interface. The distortion can be minimized by effectively reducing the field of 
view (FOV) in the phase-encoding direction. Therefore, single-shot DW stimulated echo 
planar imaging (EPI) with a reduced phase FOV scheme is desired.  
Thirdly, the spinal cord images, which are acquired using the reduced FOV 





measured data. The SNR of an image can be improved either by increased signal 
averaging or by using a spinal cord dedicated array coil. Use of the spinal cord dedicated 
array coil has been often the preferred choice because it increases subject comfort and 
reduces imaging cost by shorting imaging time. Therefore, a dedicated array is desired for 
high-quality imaging of the spinal cord. 
 
 Outline of the Dissertation 
There are six chapters in this dissertation, including this “Introduction” chapter. 
Chapter 2 introduces the basic principles and theories used in this dissertation. The basic 
principles of nuclear magnetic resonance have been discussed in section 2.1. Then, the 
principles of the magnetic resonance imaging are briefly introduced in section 2.2. The 
concept of diffusion MRI is described in section 2.3. The design and construction 
strategies of surface and phased array coils are presented in the last section of Chapter 2. 
Chapter 3 demonstrates an application of ultrahigh-b radial diffusion-weighted 
imaging (UHB-rDWI) for characterization of WM. The results of the MCS of water 
diffusion in WM provide in-depth knowledge of the signal behavior observed in the 
diffusion-weighted imaging (DWI) of WM. The results of the UHB-rDWI of the excised 
pig cervical spinal cord (CSC) support the findings of the MCS. 
Chapter 4 describes the construction of a CSC dedicated 8-channel receive-only 
array. The array is designed to use 50 Ω preamplifiers instead of commonly used low-
input impedance preamplifiers. The new 8-channel CSC array yields higher SNR in 𝑇2-
weighted imaging, DWI, and UHB-rDWI of the cervical spinal cord compared with the 





In Chapter 5, a new acquisition scheme for the UHB-rDWI, 2D single-shot 
diffusion–weighted stimulated EPI with reduced FOV (2D ss-DWSTEPI-rFOV), is 
presented. The time efficient 2D ss-DWSTEPI-rFOV sequence can acquire high-
resolution ultrahigh-b DW images of localized structures such as spinal cord and optic 
nerve with significantly reduced distortion, and without aliasing artefact. 
Finally, in Chapter 6, summary and overall conclusions of this dissertation and 








2 PRINCIPLES OF MAGNETIC RESONANCE IMAGING 
 
 Nuclear Magnetic Resonance Physics 
2.1.1 Historical Perspectives 
The history of nuclear magnetic resonance (NMR) can be traced back to the 
fundamental work performed by Rabi1 and his group in the 1930s (9,10). Rabi and his 
group demonstrated that a stream of hydrogen molecules sent through a magnetic field in 
the presence of the radio frequency (RF) energy could absorb the RF energy at specific 
frequencies. Later in 1946, the NMR phenomenon was first observed in bulk materials 
independently by Bloch, Hansen, and Packard at Stanford University (11) and by Purcell, 
Torrey, and Pound at Harvard University (12).2 The concept of nuclear relaxation and 
dipole-dipole interaction in a solid and liquid was explained by Bloembergen, Purcell, 
and Pound (13) in 1948. Since then, NMR has bloomed as a major tool in physics and 
chemistry to study the dynamic and structural properties of molecules. NMR has also 
been used to study the structural information of proteins in biology. After the first use of 
NMR in medicine in the 1970s, it became an indispensable method to obtain magnetic 
resonance images and spectra of human tissues noninvasively for diagnostic purposes.  
                                                 
1Rabi received the Nobel Prize in Physics in 1944 for the discovery of the resonance method for recording 
the magnetic properties of the atomic nuclei. 





2.1.2 Nuclear Magnetic Moments 
An atomic nucleus is composed of neutrons and protons. The magnetic moment 
of a nucleus arises from a nonzero spin angular momentum of the nucleons (protons and 
neutrons). In the classical description, the magnetic moment 𝜇 of a nucleus is related to 
the spin angular momentum 𝐽 by 
 ?⃗? = 𝛾 𝐽 [2.1] 
where 𝛾 is the gyromagnetic ratio constant and is a nucleus-dependent constant, for 
instance, 2.675 ×108 rads/s/T ( 𝛾/2𝜋 = 42.59 MHz/T) for 1H and 7.705 ×107 rads/s/T 
(𝛾/2𝜋 = 11.26 MHz/T) for 31P.  
In the quantum mechanical approach, the nuclear magnetic moment is related to the 
nuclear spin quantum number 𝐼 by  
 𝜇 = 𝛾ℏ√𝐼 (𝐼 + 1) [2.2] 
where ℏ = ℎ/2𝜋 = 1.05×10-34 Js and ℎ is Plank’s constant.  
The spin quantum number 𝐼 takes zero or half-integer or integer values such that  
 𝐼 = 0, 1/2, 1, 3/2, … [2.3] 
The value of the spin quantum number I for a particular nucleus is determined by the 
following rules: (i) nuclei with an odd mass number, such as 1H, 13C, and 23Na, have half-
integral spin quantum number, (ii) the nuclei with an even mass number and an even 
proton number, such as 12C and 16O, have zero spin quantum number, and (iii) the nuclei 
with an even mass number and an odd proton number, such as 2H, 14N, and 6Li, have 
integral spin quantum number. The values of 𝛾 and 𝐼 of the selected nuclei common in 





Table 2.1: List of the selected nuclei common in the human body with their gyromagnetic 
ratio and spin quantum number. 
Nucleus Gyromagnetic ratio (𝛾/2𝜋) 
MHz/T 
Spin quantum number (𝐼) 
1H 42.58 1/2 
13C 10.71 1/2 
17O −5.77 5/2 
19F 40.08 1/2 
23Na 11.27 3/2 
31P 17.25 1/2 
2H 6.54 1 
 
2.1.3 Classical Description 
A nucleus with a nonzero spin quantum number creates a magnetic field around it, 
which is analogous to the magnetic field created by a bar magnet. When a nucleus with a 
nonzero spin quantum number is placed in a magnetic field (?⃗⃗?), it experiences a torque  
 𝜏 = 𝜇 × ?⃗⃗?  [2.4] 
The torque is defined as a rate of change in the angular momentum 
𝑑𝐽
𝑑𝑡
. Therefore, one can 




= ?⃗? × ?⃗⃗? [2.5] 




= 𝛾𝜇 × ?⃗⃗? [2.6] 









Eq. [2.7] is the equation of motion for isolated spins in the classical treatment. In terms of 


















































  [2.9] 
where 𝜔0 = 𝛾𝐵0 is the Larmor frequency. The components 𝜇𝑥 and 𝜇𝑦 follow the 
equation of harmonic motion. The general solution of the second-order differential 
equation which obeys harmonic motion is in the form 𝐴𝑐𝑜𝑠(𝜔0𝑡) + 𝐵 sin(𝜔0𝑡). Setting 
the initial conditions to 𝜇𝑥(0),  𝜇𝑦(0), and 𝜇𝑧(0), one can write the solution of Eq. [2.9] 
as 
 {
𝜇𝑥𝑦(𝑡) =  𝜇𝑥𝑦(0) 𝑒
−𝑖𝜔0𝑡
𝜇𝑧(𝑡) =  𝜇0(0)
 [2.10] 
where 𝑖 is an imaginary number and 𝜇𝑥𝑦(𝑡) =  𝜇𝑥(𝑡) + 𝑖 𝜇𝑦(𝑡). The solution (Eq. [2.10]) 
of the equation of motion of an isolated spin describes that the magnetic moment ?⃗? 
precesses about the applied external magnetic field 𝐵0?⃗⃗? with the angular frequency 𝜔0 =






Figure 2.1: Precession of an isolated spin magnetic moment in an external magnetic field. 
 
We have thus far discussed the behavior of an isolated spin magnetic moment in 
the presence of a static magnetic field. Let us now study the behavior of an isolated 
nuclear spin magnetic moment in the presence of both the static and oscillating magnetic 
fields. Suppose an isolated spin is placed in the presence of a static magnetic field 
 ?⃗⃗? = 𝐵0?⃗⃗? and an oscillating magnetic field  B⃗⃗1(𝑡) =  𝐵1 cos(𝜔𝑡) 𝑖, where  𝐵1 is the field 
amplitude and 𝜔 is the excitation carrier frequency. The linearly polarized B⃗⃗1(𝑡) field can 
be mathematically decomposed into two circularly polarized fields rotating in opposite 
directions, 
  B⃗⃗1(𝑡) =
1
2
𝐵1 (cos(𝜔𝑡)𝑖 − sin(𝜔𝑡) 𝑗) + 
1
2





where the first term rotates clockwise and the second term counter-clockwise. The second 
term rotates in the direction opposite to the spins precession, thus, exerts a negligible 
torque on a spin system. Therefore, one can drop the second term from Eq. [2.11] and 
then B⃗⃗1(𝑡) can be expressed as 
  B⃗⃗1(𝑡) =
1
2
𝐵1 (cos(𝜔𝑡)𝑖 − sin(𝜔𝑡) 𝑗)  [2.12] 
In the presence of both static and oscillating magnetic fields, the equation of motion Eq. 




= 𝛾𝜇 × (𝐵0 ?⃗⃗? + B⃗⃗1(𝑡)) [2.13] 
 
2.1.4 Quantum Description 
An isolated nucleus with nuclear magnetic moment ?⃗? interacts with the applied 
magnetic field ?⃗⃗?. The energy of the interaction is described by the Zeeman interaction as 
 𝐻 = −𝜇 ⋅ ?⃗⃗? [2.14] 
Since ?⃗⃗? = 𝐵0 ?⃗⃗?, and ?⃗? = 𝛾ℏ𝐼, where I is the spin quantum number of the nucleus. Eq. 
[2.14] can be rewritten as  
 𝐻 = −𝛾ℏ𝐵0𝐼𝑧 [2.15] 
The eigenvalues of this Hamiltonian are 
 
𝐸 = −𝛾ℏ𝐵0𝑚  𝑚 = 𝐼, 𝐼 − 1, … , 𝐼 [2.16] 
and the most general time-dependent corresponding wave function is 
 












where 𝑐𝑚 and 𝑢𝐼,𝑚, respectively, denote the complex constants and time independent 
solutions of the Schrödinger equation. In quantum mechanics, the expectation value of 
any observable, for instance 𝜇𝑥, can be calculated as 
 
< 𝜇𝑥(𝑡) >= ∫ 𝜓
∗(𝑡)𝜇𝑥𝜓(𝑡)𝑑𝜏 [2.18] 
For a spin 1/2 (𝐼 =1/2 and 𝑚 = −1/2, 1/2) system, the expectation values of the 
components of the nuclear magnetic moment can be calculated using Eq. [2.18] as 
 {
< 𝜇𝑥(𝑡) > = 𝛾ℏ𝑎𝑏 cos(𝛼 − 𝛽 + 𝜔0𝑡)
< 𝜇𝑦(𝑡) > = −𝛾ℏ𝑎𝑏 sin(𝛼 − 𝛽 + 𝜔0𝑡)
< 𝜇𝑧(𝑡) > = 𝛾ℏ(𝑎
2 − 𝑏2)/2 
 [2.19] 
where 𝑐1/2 = 𝑎𝑒
𝑖𝛼 and 𝑐−1/2 = 𝑏𝑒
𝑖𝛽 in Eq. [2.17]. Eq. [2.19] clearly describes that <
𝜇𝑥 > and < 𝜇𝑦 > oscillate in time at the Larmor frequency 𝜔0, but < 𝜇𝑧 > remains 
stationary. 







[𝐻𝐹 − 𝐹𝐻] [2.20] 





= 𝐼 × 𝛾?⃗⃗? [2.21] 
Since ?⃗? = 𝛾ℏ𝐼, the equation of motion (Eq. [2.21]) of the expectation of the 
magnetization can be written as  
 
𝑑 < ?⃗? >
𝑑𝑡
=< 𝜇 >× 𝛾?⃗⃗? [2.22] 
In the presence of both the static magnetic field 𝐵0?⃗⃗? and the oscillating magnetic field 








= 𝜇 × 𝛾(𝐵0?⃗⃗? + B⃗⃗1(t)) [2.23] 
Consider a frame of reference which is rotated at the frequency 𝜔 about z-axis, the 




= 𝜇 × 𝛾[(𝐵0 −
𝜔
𝛾
)?⃗⃗? + 𝐵1 𝑖] [2.24] 
This equation is equivalent to the classical equation of motion of the magnetization. The 
quantum mechanical treatment of an isolated spin in the presence of both static and 
oscillating magnetic fields is presented in detail by Slichter (14). 
 
2.1.5 Bulk Magnetization 
In a sample containing a large number of spins, the bulk (total) magnetization is 
the vector sum of all the spin magnetic moments (?⃗?) within the sample. Mathematically, 
the bulk magnetization (?⃗⃗⃗?) of a spin system is defined as  




where 𝑁 is the total number of spins in the sample. 
In the absence of an external magnetic field, the magnetic moments of the spins 
are orientated randomly due to thermal agitation, resulting in zero net magnetization 
(?⃗⃗⃗? = 0). Consider a case of spin 1/2 system. When an external magnetic field is applied 
to a spin system, the magnetic moment of the spins will be oriented either parallel or 
antiparallel to the field. According to the theory of quantum mechanics, the energy level 





field as shown in Figure 2.2. The splitting of the energy level in the presence of a static 
magnetic field is also known as Zeeman splitting. 
The quantum particles, spins, obey quantum statistics, specifically, Fermi-Dirac 
statistics. However, at the high-temperature limit, the Fermi-Dirac statistics reduces to the 
classical Boltzmann statistics. Therefore, the population difference of the spins in two 












where 𝑘𝐵 is the Boltzmann constant and 𝑇 is the absolute temperature of the spin system.  
Equation [2.26] is derived in the high-temperature approximation, which requires 
𝛾ℏ𝐵0 ≪ 𝑘𝐵𝑇. The requirement of the high-temperature approximation is certainly 
achieved at room temperature (300 K) for the commonly available static field strength 
1−20 T.  
 
 
Figure 2.2: Splitting of the energy level of spin 1/2 system in the presence of an external 





The population difference between two states is calculated as ~ 6 ppm using Eq. [2.26] at 
room temperature (300 K) in the presence of static magnetic field strength of 3 T. Only 
six spins out of one-million spins contributes to the NMR signal, therefore, the 
NMR/MRI is considered a low sensitive technique. The bulk magnetization of a spin 
system is now calculated as (14) 




It should be noted that the expression for the bulk magnetization, Eq. [2.27], is derived 
for the spin 1/2 system. For a spin 𝐼 system, the expression becomes 
 𝑀𝑧




also known as Curie’s law of magnetization. 
 
2.1.6 Bloch Equation 
In the previous subsections 2.1.3 and 2.1.4, the precession of a microscopic 
magnetic moment (individual spin) has been described in the presence of an external 
magnetic field. However, the bulk magnetization precesses as well as relaxes in the 
presence of an external magnetic field. The relaxation of the bulk magnetization was first 
described by Felix Bloch in 1946. The equation, which describes the precession and 













0 is the thermal equilibrium value of the bulk magnetization ?⃗⃗⃗? in the presence of 





process of a spin system after being disturbed from its equilibrium state. The solution of 
the Bloch equation is well known and described in Slichter’s book (14). 
 
2.1.7 Relaxation Times 
In the presence of an external static magnetic field 𝐵0?⃗⃗?, thermal equilibrium 
magnetization (longitudinal magnetization) 𝑀𝑧
0 is built in a spin system. When an 
oscillating magnetic field (radio frequency pulse) is applied in addition to the 𝐵0?⃗⃗?, the 
equilibrium state of the system is perturbed. As a result, the transverse magnetization 
𝑀𝑥𝑦 is created. According to the laws of thermodynamics, a system in perturbed state 
returns back to the equilibrium state, provided the external perturbation is removed and 
sufficient time is allowed. The relaxation process in which the longitudinal magnetization 
recovers back to the equilibrium positon is known as spin-lattice or longitudinal 
relaxation (𝑇1 −relaxation) and the relaxation process in which the transverse 
magnetization destructs is known as spin-spin or transverse relaxation (𝑇2 −relaxation).  
Spins excited into higher energy states are relaxed back into the lowest energy 
state by transferring the excess energy to the molecule or atom (other than the spins), also 
known as a lattice. The translational, rotational, and vibrational motions of a molecule 
due to the thermal energy create a complex magnetic field around the nucleus. The 
𝑇1 −relaxation is determined by the fluctuating magnetic field which is responsible for 
the transition of the spin states from the higher to lower energy states. The fluctuating 
magnetic field is mainly caused by dipole−dipole interaction between water molecules.  
In the transverse plane, phase coherence of spins is lost due to spin diffusion, 





to the 𝑇1 −relaxation, the 𝑇2 −relaxation occurs without transferring energy between the 
lattice and spin systems; but it occurs with the exchange of energy between neighboring 
spins through flip-flop transitions. Spin diffusion is mainly caused by the dipole-dipole 
interaction between two adjacent spin magnetic moments.  
 
 Basic Principles of Magnetic Resonance Imaging 
2.2.1 Historical Perspective 
In 1971, Raymond Damadian discovered a difference in  relaxation time of water 
protons in normal tissue and tumor, which could be used to distinguish cancer from 
healthy tissue (15). After this discovery, scientists attempted to use NMR for diagnostic 
purposes. In 1973, Paul Lauterbur obtained a first magnetic resonance (MR) image on 
small test tube samples by applying magnetic field gradients (16). Peter Mansfield 
developed an ultra-fast imaging method called “echo-planar imaging (EPI)” in 1975 (17). 
The first MR image obtained by Lauterbur3 was constructed using a back projection 
technique. In the same year of Mansfield’s development of the EPI method, Richard 
Ernst4 introduced MR imaging using phase and frequency encoding and the Fourier 
Transform techniques (18). In 1977, Damadian constructed the first magnetic resonance 
imaging (MRI) scanner and the first human MR image was produced using the field 
focused NMR voxel-imaging technique. The first MR image was acquired by scanning 
the subject for nearly 5 h. After the 1970s pioneer works in the field of MR imaging, 
there have been tremendous advances in MR imaging techniques and hardware. With the 
                                                 
3Lauterbur and Mansfield were jointly awarded the 2003 Nobel Prize in Physiology or Medicine for their 
discoveries regarding the magnetic resonance imaging. 
4Ernst received the Novel Prize in Chemistry in 1991 for his discovery of the pulsed Fourier Transform 





recent improvements and advances in MR imaging techniques and hardware, the scope of 
MRI has been expanding from the macroscopic (mm scale) to microscopic (μm scale) 
imaging. Today, MRI is routinely used to study dynamic properties, such as self-
diffusion, flow, and relaxation, of human tissue for diagnostic purposes. 
 
2.2.2 Signal Detections 
MR signal is detected based on Faraday’s law of electromagnetic induction and 
the principle of reciprocity. An electromotive force (EMF) is induced in a properly 
oriented RF coil due to the precessing transverse magnetization of a sample resulting 
from the application of an external static as well as the alternating magnetic field. The 
magnetic flux linkage through a coil by the precessing magnetization ?⃗⃗⃗?(𝑟, 𝑡) at a 
distance 𝑟 from the coil is given by 
 
𝜙(𝑡) = ∫ ?⃗⃗?( 𝑟) . ?⃗⃗⃗?(𝑟, 𝑡) d𝑟3    [2.30] 
where ?⃗⃗?(𝑟) is the magnetic field at the location 𝑟 produced by an imaginary unit DC 
flowing in the coil. According to Faraday’s law of electromagnetic induction, the EMF 
induced in the coil is  
 𝑒𝑚𝑓 = −
𝜕𝜙(𝑡)
𝜕𝑡
= −∫ ?⃗⃗?𝑥𝑦 (𝑟).
∂M⃗⃗⃗⃗xy(𝑟, 𝑡)
∂t
 d𝑟3  [2.31] 
The z-term in the Eq. [2.31] is ignored because 𝑀𝑧(𝑟, 𝑡) varies very slowly for 𝑇1~ 1 sec 
compared to 𝑀𝑥𝑦(𝑟, 𝑡). Since 𝑀𝑥𝑦(𝑟, 𝑡) ∝ 𝑀𝑧
0𝑒−𝑖𝜔0𝑡, the induced EMF is proportional to 
the thermal equilibrium magnetization (𝑀𝑧
0), resonance frequency (𝜔0), and detection 






2.2.3 Imaging Gradients 
Imaging of an object requires position-dependent information. In MRI, the signals 
are basically encoded using selective excitation and spatial encodings. Modern MRI 
systems are equipped with three independent orthogonal gradient coils. The thickness of 
an imaging slice is often selected using a slice-selection gradient (selective excitation). 
After the spins in a slice have been excited by a selective RF pulse, the spatial 
information along the other imaging directions is obtained using frequency-encoding 
(readout) and phase-encoding gradients. 
An RF pulse can only be a frequency selective; therefore, it is necessary to make 
the spin resonance frequency position dependent. When a gradient field is applied along 
the slice-selection direction, the magnetic field along the slice direction varied linearly 
and hence spins at different positions precess at different frequencies. An RF pulse 
(certain bandwidth), which is applied simultaneously with a slice-selection gradient, 
excites the spins only from a selected frequency band. The carrier frequency (𝑓1) of a 
slice-selective RF pulse and strength of the slice-selection gradient (𝐺𝑠𝑠)  are determined 
by the desired slice thickness (Δ𝑧), bandwidth (Δ𝑓𝑅𝐹) of the RF pulse, and position of the 











  [2.32] 
The frequency encoding is performed by applying a frequency-encoding (readout) 
gradient orthogonal to the slice-selection gradient at the time of data acquisition. This 
gradient spatially encodes signals by making the Larmor frequency of the spins position-





domain signal reveals the frequency content. The strength of the frequency-encoding 
gradient (𝐺𝑅0), total receiver bandwidth (𝐵𝑊𝑟𝑐𝑣), and readout field-of-view (𝐹𝑂𝑉𝑅𝑂) are 








where Δ𝑘𝑥 is the spacing between data points in k-space along the readout direction. The 
total receiver bandwidth is related to the sampling rate as 𝐵𝑊𝑟𝑐𝑣 = 1/Δ𝑡𝑟𝑐𝑣. 
 Phase encoding is accomplished in the Cartesian k-space sampling by creating a 
linear spatial variation in the phase of the magnetization. The phase-encoding gradient, 
which is applied orthogonal to both the slice- and frequency-ending gradients, creates a 
linear spatial variation in the phase of the magnetization. Different k-space lines are 
acquired with the different amounts of the spatial phase variation by varying the area 
under the phase-encoding gradient. An inverse Fourier transform of the signals reveals 
the spatial information of the object. The gradient strength increment (Δ𝐺𝑝) between two 
adjacent k-space lines is related to the duration of the gradient (𝑇) and phase field-of-








where Δ𝑘𝑦 is the spacing between data points in k-space along the phase-encoding 
direction. 
 
2.2.4 Imaging Hardware 
Thus far, in the previous section 2.1 and subsections 2.2.1-2.2.3, we have 





randomly orientated magnetic moments, an oscillating magnetic field (RF pulse) is 
required to perturb the equilibrium longitudinal magnetization, and three orthogonal 
magnetic gradient fields are required for the spatial encoding of the signal. Either a 
superconducting, a permanent, or an electromagnet is used to generate the static magnetic 
field. A Helmholtz or Golay pair is used to creating a linear field gradient across the 
sample. There are various types of RF coils for transmission of the RF pulses and 
reception of the NMR signal. A diagram of a modern MR system equipped with all these 
components is depicted in Figure 2.3 
Often, the RF coil equipped in the commercial MRI system does not provide good 
sensitivity during the signal receptions. Therefore, a custom made RF coil is used in most 
MRI experiments. Some description of the RF coil is presented in section 2.5 of this 
dissertation. When a custom coil is used for imaging, an addition circuitry, known as 
transmit/receive (T/R) switch, is also required. A basic circuit diagram of the T/R switch 
is shown in Figure 2.4. The details of the T/R switch are presented in (19). 
 
 







Figure 2.4: Basic circuit diagram of TR-switch. 
 
 Basic MRI Pulse Sequences 
2.3.1 Historical Prospective 
The concept of the free induction decay (FID) began with the discovery of the 
NMR phenomenon by Bloch (11). In 1950, spin echo (SE) also known as Hahn echo was 
described by Hahn (20). Thereafter, SE imaging became an indispensable acquisition 
technique in NMR and MRI. The stimulated echo (STE) was also described by Hahn (20) 
together with the SE. Later, STE was used for the NMR diffusion measurements (21). In 
1975, Peter Mansfield developed an ultra-fast imaging method called EPI. Imaging of 
tissue, which requires fast imaging methods (i.e., cardiac imaging), was possible after the 
discovery of EPI. Applications of advanced imaging methods such as diffusion, 
perfusion, and functional MRI were speeded after the innovation of EPI. 
 
2.3.2 Free Induction Decay 
A FID is the NMR signal decay in the transverse plane following a single RF 
excitation pulse. An RF pulse excites the spins from an equilibrium state (longitudinal 





The precessing transverse magnetization induces an EMF (a few mV) in a properly 
oriented RF coil. The pulse sequence diagram of an FID sequence is shown in Figure 2.5. 
The signal equation of a FID resulting from a 𝛼 pulse (𝛼 − flip angle) can be written as 
 







where 𝜌(𝜔) is the spectral density function. 𝜌(𝜔) determines the characteristics of the 
FID signal. For a spin system with a single spectral component resonating at a frequency 
𝜔0, one can rewrite the signal equation as 




𝑇2  𝑒−𝑖𝜔0𝑡 [2.36] 
where 𝑀𝑧
0 = ∫ 𝜌(𝜔) 𝑑𝜔
∞
−∞
 is the equilibrium longitudinal magnetization of the system. 
The FID signal (Eq. [2.36]) decays at a rate 1/𝑇2. This happens only when both the 
sample and the static magnetic field (𝐵0) are homogeneous. When the magnetic field is  
 
 














+ γΔB0 [2.37] 
where ΔB0 is the full width at half maximum of the local field distribution. 
 
2.3.3 Gradient Echo Imaging 
Gradient echo (GRE) imaging is a basic imaging technique which uses a single 
RF pulse. An echo is formed by applying the dephasing and rephasing gradient lobes 
along the frequency-encoding (readout) direction. The GRE imaging technique can 
acquire the images in the very short time as it uses a single RF pulse with a small flip 
angle. This technique is widely used for imaging of the tissue that requires fast imaging, 
for instance, cardiac and abdominal imaging. The GRE signal decays at the same rate as 
the FID signal, i.e., the signal decays at a rate given by 1/𝑇2
∗.  
When a magnetic field gradient is applied, spins at different 𝑥-positions 
accumulate different phases, and hence, the phase coherence among the spins is lost. As a 
result, the FID signal decays much faster than 𝑇2
∗ decay. Phase accumulated by a spin 
located at a position 𝑥 due to the application of gradient 𝐺𝑥 is given by the equation 
 




Details of the GRE sequence are described elsewhere (22). A typical GRE pulse 
sequence diagram is shown in Figure 2.6. The first gradient lobe with the duration 
𝜏 dephases spins, resulting in the rapid signal loss. However, the second gradient lobe 
with the same amplitude but an opposite polarity rephases the spins after time 𝜏 (center of 






Figure 2.6: GRE pulse sequence diagram. All other gradients are not displayed for clarity. 
 
2.3.4 Spin Echo Imaging 
SE imaging is the most common and fundamental MR imaging method, which 
uses two or more RF pulses. A SE is formed by an excitation (usually 90°) and one or 
more refocusing pulses (usually 180°). A pulse sequence diagram for the SE sequence is 
shown in Figure 2.7. In FID and GRE, the signal decays at the faster rate (𝑇2
∗) due to off-
resonance effect caused by field inhomogeneity in the static magnetic field (𝐵0). The 
inhomogeneity in 𝐵0 arises due to the magnetic susceptibility variations, chemical shift, 
nonuniformity in the applied field, and the spin-spin interactions. However, the effect of 
the field inhomogeneity related to the magnetic susceptibility, chemical shift, and 
nonuniformity in the applied field is removed at the peak of the Hahn echo. SE imaging 
is therefore only sensitive to signal loss due to spin-spin interaction (𝑇2 −decay). Thus, 
the SE imaging method is susceptible to fewer artefacts than the GRE imaging. Details of 






Figure 2.7: SE pulse sequence diagram. Imaging gradients are not shown for clarity. 
 
2.3.5 Stimulated Echo Imaging 
STE imaging, which uses three RF pulses, is the more complicated than the SE 
imaging and rarely used in conventional imaging. The STE signal decays due to both 
spin-spin and spin-lattice relaxation. The maximum amplitude of the STE is a half of that 
of the SE when all three RF pulses have flip angle 90° (23). A typical STE imaging 
sequence is shown in Figure 2.8. Three RF pulses generate three FIDs (FID1-FID3), three 
primary SEs (SE12, SE23, and SE13), one secondary SE (SE123), and one STE (STE123) 
(24). FID1-FID3 are generated by the 𝛼1, 𝛼2, and 𝛼3 RF pulses, respectively. SE12 and 
SE13 are formed when FID1 is refocused by the 𝛼2 and 𝛼3 RF pulses, respectively. SE23 is 
formed when the FID2 is refocused by the 𝛼3 RF pulse. Secondary SE (SE123) is formed 






Figure 2.8: STE pulse sequence diagram. Three FIDs (FID1-FID3), three primary spin 
echoes (SE12, SE23, SE13), one secondary spin echo (SE123), and one stimulated echo 
(STE123) can be measured with three RF pulses. Imaging gradients are not shown for 
clarity.  
 
formed when a portion of transverse magnetization prepared by the 𝛼1 pulse is flipped to 
the longitudinal direction by the 𝛼2 pulse and the longitudinal magnetization prepared by 
the 𝛼2 pulse is then flipped back to the transverse plane after time 𝜏2 by the 𝛼3 pulse. The 
STE magnetization decays at a rate of 𝑇2-deay in the transverse plane and at a rate of 𝑇1-
decay during 𝜏2 in the longitudinal plane. The amplitudes of all the echoes with echo 
times are presented in Table 2.2. 
 
Table 2.2: Echo times and amplitudes of the echoes formed by three RF pulses (25). 






 𝑒−2𝜏1/𝑇2  





































2.3.6 Echo Planar Imaging 
EPI is one of the fastest and most commonly used MR imaging methods to obtain 
the dynamic properties of tissue such as diffusion and perfusion. An EPI pulse sequence 
differs from the conventional pulse sequences mainly in the application of the readout 
and phase encoding gradients. In conventional pulse sequences, a single echo is measured 
in each excitation while multiple echoes are measured in EPI by periodically rewinding 
the readout gradient. A full set of k-space is measured in a single shot EPI from a FID 
using the gradient-echo trains, which results in a very fast imaging acquisition. Single-
shot EPI is widely used for diffusion and perfusion MR imaging. However, chemical 
shift and Nyquist ghost artefacts are more severe in EPI sequences compared to 
conventional spin and gradient echo sequence. A gradient echo EPI pulse sequence is 
illustrated in Figure 2.9. 
 
 
Figure 2.9: Gradient-based EPI pulse sequence diagram. Slice selection and phase 





 Diffusion MRI 
2.4.1 Historical Perspective 
Dynamic properties like self-diffusion, flow, and relaxations of matter can be 
studied using MRI. In the very early work of NMR (1950), the effect of molecular 
diffusion on the amplitude of the spin-echo in the presence of an inhomogeneous 
magnetic field was pointed out by Hahn (20). In 1965, the pulsed-field gradient spin echo 
(PGSE) method was first theoretically and experimentally demonstrated by Stejskal and 
Tanner (26) and is still one of the main NMR/MRI methods to measure a dynamic 
property of matter (tissue), the self-diffusion coefficient. In 1985, the first diffusion-
weighted imaging (DWI) was introduced by Le Bihan et al. (27), Taylor et al. (28), and 
Merboldt et al. (29). DWI became a powerful MRI technique ever since Moseley 
demonstrated an early diagnosis of acute stroke in cats using DWI in the early 1990s 
(30).5  
In 1976, anisotropic diffusion was first observed in muscle using diffusion NMR 
(31). After the advent of DWI, in the early 1990s, diffusion anisotropy was also detected 
in the spinal cord (32) and brain white matter (33). In 1994, the pioneering work on 
diffusion anisotropy really led to the introduction of the most rigorous formalism of the 
diffusion tensor by Basser6 et al. (34). The diffusion anisotropy effects can be fully 
extracted and characterized with the diffusion tensor imaging (DTI). DTI may also 
provide details of tissue microstructure. Recently, various diffusion MRI methods such as 
q-space imaging which was originally introduced by Cory and Garroway (35) and 
                                                 
5Le Bihan and M. Moseley received the Gold Medal of the International Society for Magnetic Resonance in 
2001 for their pioneering work on the DWI. 
6Basser received the 2008 International Society for Magnetic Resonance in Medicine Gold Medal for his 





Callaghan et al. (36), and model-based AxCaliber (37) and NODDI (38) have been 
proposed and investigated in the research studies; however, their clinical applications 
remain to be validated. 
 
2.4.2 Free and Restricted Diffusion 
Self-diffusion, also known as Brownian motion, is the random translational 
motion of molecules driven by thermal energy. Transportation of matter can be observed 
in all forms of materials such as gas, liquid, and solid. The diffusive motion is more 
prominent in liquids and gases than in solids because the binding energy between atoms 
or molecules in a solid is higher than that in a fluid. In case of free diffusive motion, 
shown in Figure 2.10, the probability of finding a molecule from original position 𝑟0 to 
final position 𝑟1 after a time 𝑡 is described by a Gaussian function (39) 





4𝐷𝑡  [2.39] 
where 𝑟 = 𝑟1 − 𝑟0 is the displacement of the molecule during time 𝑡 and 𝐷 is the 
diffusion coefficient. The probability distribution function is the Gaussian with zero mean 
displacement and standard deviation 𝜎2 = 2𝐷𝑡. The mean square displacement of the 
molecule is given by 
 
< 𝑟2 >= 6𝐷𝑡  [2.40] 
The mean square displacement of the molecule is linearly proportional to the 
diffusion time. The factors that affect the molecular diffusion are molecular mass, 
viscosity, and temperature. The measured diffusion coefficient in free solution is 
independent of diffusion time. However, the diffusion of molecules in a biological tissue 






Figure 2.10: Diffusion of molecules in the free and restricted media. 
 
phenomenon in a biological tissue is further complicated by the presence of various 
individual compartments such as intracellular, extracellular, neurons, glial cells, and 
axons. The displacement of a molecule in a restricted space depends on the diffusion 
time, diffusion coefficient, and shape and size of the restricting geometry. Therefore, the 
diffusion coefficient measured in a restricted space using the free diffusion model (Eq. 
[2.39] and Eq. [2.40]) may not represent the true diffusion coefficient rather it represents 
the apparent diffusion coefficient (ADC). 
 Price WS (40) described the effects of diffusion time, and shape and size of the 
restricting geometry on the displacement, and hence, the diffusion coefficient of the 
diffusing molecules. Price defined a degree of restriction of a hard sphere of radius 𝑅 by 
defining a dimensionless variable 
 
𝜉 = 𝐷𝑡/𝑅2  [2.41] 
In the limit of short diffusion time (𝜉 ≪ 1), most diffusing molecules cannot 
reach the boundary of the sphere to be restricted by it. Therefore, the calculated diffusion 





becomes longer (𝜉~1), more molecules experience the effect of the boundary. The mean 
square displacement deviates from the linear relationship with diffusion time, i.e., the 
mean square displacement does not obey Eq. [2.40]. The calculated ADC will then be 
diffusion time dependent. For very long diffusion times (𝜉 >> 1), diffusing molecules 
experience the effect of boundary several times and the maximum displacement covered 
by the molecule is limited by the boundary, and thus, the mean square displacement 
becomes independent of diffusion time, i.e., the Eq. [2.40] is no longer valid. 
 
2.4.3 Isotropic and Anisotropic Diffusion 
In the previous subsection 2.4.2, we have discussed the molecular diffusion in 
free and restricted media. Isotropic diffusion has always been observed in free medium; 
however, the diffusion of molecules in a restricted medium can be either isotropic or 
anisotropic depending on the shape of the restricting geometry. If the distance traveled by 
a diffusing molecule is the same in all directions, for example, diffusion inside a sphere 
(𝑅~ 1 μm), the diffusion is isotropic. On the other hand, if the distance travelled by a 
diffusing molecule is longer in one direction than others, for example; diffusion inside a 
cylinder (𝑅~ 1 μm, 𝐿 = 1 m) where a molecule travels a longer distance along the axial 
direction than the perpendicular direction as shown in Figure 2.11, the diffusion is 
anisotropic. Free diffusion can be observed in human cerebrospinal fluid. The diffusion in 
gray matter is restricted and almost isotropic as the cell membranes and other 
microorganelles interfere the free diffusion equally in all directions. Anisotropic diffusion 
can be observed in white matter and muscle because of the directional preference of their 






Figure 2.11: Isotropic and anisotropic diffusion. 
 
In the case of isotropic diffusion, molecules diffuse equally in all directions and 
the diffusion can be described by a scalar diffusion coefficient, 𝐷. For restricted 
diffusion, molecules may travel different displacement along the different directions. 
Therefore, the scalar diffusion coefficient may not be sufficient to describe the diffusive 
motion. One should consider a tensor diffusion coefficient 𝑫 to describe anisotropic 









where upper and lower off-diagonal elements are identical, i.e., 𝐷𝑥𝑦 = 𝐷𝑦𝑥 , 𝐷𝑥𝑧 =
𝐷𝑧𝑥, 𝐷𝑦𝑧 = 𝐷𝑧𝑦. For a restricted medium, the components of the diffusion tensor may 
have different values for the different directions. Moreover, if the principal axis of a 





different angles of rotations. Therefore, the information obtained from the tensor about 
the system is very minimal. To make the measurement rotationally invariant (i.e., 
independent of the angle of rotation), 𝑫 should be diagonalized. The diagonalized tensor 
will be same for the same anatomical tissues regardless of their orientations with respect 
to the scanner.  
Let us now look at an example of a diffusion tensor in restricted medium. First, let 
us start with an example of isotropic diffusion in a sphere as shown in Figure 2.12(a). The 
diffusion tensor in a sphere can be written as 
 





where 𝜆 is the diffusivity of the molecules, also known as eigenvalue of the diffusion 
tensor. For isotropic diffusion, the off-diagonal elements of 𝑫 are all zero and the 
diagonal elements are equal. The diffusion tensor may be replaced by a scalar 𝜆.  
Second, let us consider an example of anisotropic diffusion in a cylinder shown in 
Figure 2.12(b) where the principal axis of the cylinder coincides with one axis of the 
coordinate system. The diffusion tensor in the cylinder can be written in the form 
where 𝜆1 is the diffusivity along the cylindrical axis (axial diffusivity) and 𝜆2 = 𝜆3 is the 
diffusivity perpendicular to the cylindrical axis (radial diffusivity). For simplicity, the 
axial diffusivity is considered to be twice the radial diffusivity, i.e., 𝜆1 = 2𝜆 and 𝜆2 =
 𝜆3 = 𝜆. When the principal axis of a cylindrical symmetric medium coincides with an 
















Figure 2.12: Diffusion of molecules in a (a) sphere (isotropic), (b) cylinder with the 
principal axis coincides with the z-axis of the coordinate system (anisotropic), and (c) 
cylinder with principal axis rotated with respect to the z-axis of the coordinate system by 
45˚ about the y-axis (anisotropic). 
 
In the third and last example, consider a diffusion phenomenon inside a cylinder 
whose principal axis does not coincide with the coordinate system as shown in Figure 
2.12(c). The principal axis of the cylinder is rotated by 45˚ about the y-axis. The rotation 
matrix for a system rotated by 45˚ about the y-axis can be written as  
For simplicity, the rotated diffusion tensor for the cylinder can be written as  
Two different diffusion tensors (Eq. [2.44] and Eq. [2.46]) have been calculated for the 
same cylinder with two different angles of rotation of the principal axis with respect to 
the coordinate system. This clearly demonstrated the need of diagonalization of the 
diffusion tensor. 
 𝐑 = [
cos (45𝑜) 0 −sin (45𝑜)
0 1 0
sin (45𝑜) 0 cos (45𝑜)
] [2.45] 













2.4.4 Solution of Bloch Equation with Diffusion Term 
The effect of diffusion on macroscopic magnetization was first added in the Bloch 
equation by the Torrey (6) in 1956. The Bloch equation for the macroscopic 





= 𝛾?⃗⃗⃗? × ?⃗⃗? −
𝑀𝑥𝑖 +  𝑀𝑦𝑗
𝑇2
− 
(𝑀𝑧 −  𝑀𝑧
0) ?⃗⃗?
𝑇1
+  𝐷𝛁2?⃗⃗⃗? [2.47] 
Assume the ?⃗⃗? field is along the z-axis and a superimposed field vanishing at the origin 
with gradient ?⃗? in the z-axis, then  
 
𝐵𝑥 = 0,  𝐵𝑦 = 0,  𝐵𝑧 = 𝐵0 + ?⃗?. 𝑟 [2.48] 
For simplicity of calculation, 𝑇1 and 𝑇2 relaxations are neglected, Eq. [2.47] can be 



















  [2.49] 
The transverse component of the Bloch equation with the diffusion term (Eq. [2.49]) can 




=  −𝑖𝜔0𝑀𝑥𝑦 − 𝑖𝛾?⃗?. 𝑟𝑀𝑥𝑦 + 𝐷𝛁
2𝑀𝑥𝑦 [2.50] 
where 𝑀𝑥𝑦 = 𝑀𝑥 + 𝑖𝑀𝑦 is the transverse component of the macroscopic magnetization. 
Stejskal and Tanner (26) solved the Bloch equation (Eq. [2.50]) for the PGSE and the 










where 𝑙𝑛(𝐸) is the natural logarithm of the echo attenuation resulting from diffusive 
motion of the molecules under the application of field gradients. 𝛿 is the duration of the 
applied gradient pulse and Δ the separation between the leading edge of the applied 
gradient pulse pair. The term 𝛿/3 accounts for the finite duration of the gradient pulses. 
For short gradient duration (𝛿/3 ≪ Δ) and large gradient amplitude 𝐺, the Stejskal-
Tanner solution (Eq. [2.51]) becomes  
 
ln(𝐸) =  −𝛾2𝐺2𝛿2𝐷Δ [2.52] 
For the case of a steady gradient throughout the echo sequence, i.e., Δ = 𝛿, the Stejskal-
Tanner solution (Eq. [2.51]) becomes  
 




This is Hahn’s (20) famous result for the spin echo intensity, and Car and Purcell (41) 
result in the echo attenuation due to the application of a field gradient in a diffusive 
medium.  
Stejskal and Tanner’s solution of the Bloch-Torrey equation is derived based on 
the assumption that molecules diffuse freely in the medium, i.e., molecules diffuse 
according to Fick’s law (42). For anisotropic and restricted diffusion, Stejskal (43) 




= 𝛾?⃗⃗⃗? × ?⃗⃗? −
𝑀𝑥𝑖 +  𝑀𝑦𝑗
𝑇2
− 
(𝑀𝑧 −  𝑀𝑧
0) ?⃗⃗?
𝑇1
+ 𝛁.𝑫. 𝛁?⃗⃗⃗? [2.54] 
where 𝑫 is a second rank diffusion tensor. Analytical solution of Eq. [2.54] is generally 
not possible for restricted diffusion. However, one can use various approximations to 





distribution (GPD) and short pulse gradient (SPG) approximations, which are discussed 
elsewhere (40). In the GPD approximation, phase distribution of spins is assumed as a 
Gaussian distribution. Gradient pulse is considered as a delta function (𝛿 → 0, 𝐺 → ∞, 
and 𝛿𝐺 ~ finite) so that the spin motion during the gradient pulse is negligible in the SGP 
approximation. Biological cells are complex in shape and size, and the analytical 
solutions even using the above approximations are generally not possible. Thus, a 
numerical solution or Monte Carlo simulation must be performed for a deeper 
understanding of the signal behavior in the biological tissue under the presence of field 
gradients. 
Let us study the echo attenuation in a restricted system composed of two parallel 
plates with a separation 𝑅 in between where a homogeneous fluid is confined. The 
diffusive motion is free and unrestricted parallel to the plates, but restricted perpendicular 
to the plates. The SGP solution for the echo attenuation when a gradient field is applied 












1 − (−1)n cos(2πqR)
((2πq)2 − (𝑛𝜋)2)2 
 
[2.55] 






= |𝑠𝑖𝑛𝑐(𝜋𝑞𝑅)|2 [2.56] 
Equation [2.56] is analogous to the intensity of a far-field single-slit diffraction pattern 





echo attenuation clearly demonstrate the ability of diffusion MRI to detect the size of 
restrictions. For the details of the pulse gradient spin echo attenuation in free as well as 
restricted media, the reader is referred to the following articles (6,26,40,43). 
 
2.4.5 Diffusion Weighted and Diffusion Tensor Imaging 
Diffusive motion can be encoded by applying a pair of gradient lobes in MRI. 
Diffusion encoded MRI also known as DWI provides information not only about the 
molecules themselves but also about their background physical environment.  
Spins precess at the rate proportional to the magnetic field strength. As the magnetic field 
is very uniform across the magnet, the precession rate is also very homogeneous and 
phase coherence is maintained across the sample. The coherent phase of the spins can be 
dispersed by applying a magnetic gradient field across the sample as shown in Figure 
2.13. During application of the first gradient lobe along the y-axis, spins located at the 
different y-positions experience different magnetic fields, and hence, precess at different 
frequencies. The dispersed phase can be refocused by applying a second gradient lobe of 
the same duration and amplitude (the polarity required depends on whether the spin-echo 
or gradient-echo measurement is performed) as shown in Figure 2.14. For stationary 
spins, the second gradient lobe completely refocuses spins dephased by the first gradient 
lobe resulting in no signal loss due to the application of the gradient pair. On the other 
hand, diffusing spins are only partially refocused by the second gradient lobe and the 
signal is attenuated. The first gradient lobe dephases spins and is termed dephasing 
gradient and the second gradient lobe rephases spins and is termed as rephrasing gradient. 






Figure 2.13: Phase dispersion in the presence of the field gradient (𝐺𝑦) along y-axis on 
top of static magnetic field 𝐵0, i.e., ?⃗⃗? =  (𝐵0 + 𝐺𝑦𝑦)?⃗⃗?.  
 
 
Figure 2.14: Loss of the transverse magnetization of the diffusing spins in the presence of 
diffusion-weighted gradient lobes. Gray-dashed and black solid arrows represent, 
respectively, the phase of the spin before and after each gradient lobe applied. 𝑀𝑥𝑦 is the 










where 𝜙0(𝑡) is the phase accumulated due to static magnetic field 𝐵0. 
The most common diffusion-weighted (DW) imaging scheme is the Stejskal-
Tanner (26) PGSE scheme. It consists of a pair of gradient lobes. The first gradient pulse 
is applied after the 90˚ excitation RF pulse and the second gradient pulse after the 180˚ 
refocusing RF pulse as shown in Figure 2.15. 
In 1965, Stejskal-Tanner (26) proposed the solution for PGSE as given by Eq. 






Figure 2.15: Stejskal-Tanner PGSE scheme for DW imaging. For the clarity, all other 





where 𝑆(𝑏) is the signal measured with the diffusion gradient and 𝑆0 is the signal 
measured when diffusion gradient is turned off (𝑏 =  0 s/mm2). 𝐷 is the diffusion 
coefficient of the molecules along the direction of the applied diffusion gradient. The b is 
termed as “b-value” and is an attenuation factor depends on the sets of gradient lobes. For 
rectangular gradient pulse pairs, the b-value can be calculated to be 






where 𝛿 is the duration of the applied gradient pulse and Δ is the separation between two 
gradient pulses (Figure 2.15). The diffusion coefficient 𝐷 can be estimated from Eq. 
[2.58] by measuring signals for two different b-values as 
 




Diffusion of water molecules in most biological tissue is either hindered or 
restricted. Therefore, 𝐷 measured in most biological issues using DWI may not represent 
true or intrinsic diffusion coefficient but rather it represents the ADC. The DW images (b 
= 0, and b = 500 s/mm2) and ADC map of the human cervical spinal cord is shown in 
Figure 2.16. 
For isotropic diffusion, the diffusion tensor reduces to a scalar, and the ADC map 
can be obtained from two DWI images acquired using two different b-values. However, 
for the anisotropic diffusion, the diffusivity measured along one direction may differ 
from that measured along other directions. Therefore, a scalar diffusion coefficient does 
not describe the diffusivity of molecules and their surrounding adequately. To better 
describe the diffusion of molecules in a restricted medium, one needs to obtain the 






Figure 2.16: DW images with (a) b = 0 s/mm2, (b) 𝑏 = 500 s/mm2, and (c) ADC map at 
C4 vertebra level. 
 
second rank tensor. Therefore, at least six DWI images for six different directions and 
one 𝑏0 (𝑏 =  0 s/mm
2) image must be acquired to calculate the full diffusion tensor. In 
order to make the diffusion tensor rotationally invariant, the diffusion tensor must be 
diagonalized. The diagonalized diffusion tensor is represented as  
where 𝜆1 and 𝜖1 are eigenvalue and eigenvector along the major axis and 𝜆2,3 and 𝜖2,3 are 
eigenvalues and eigenvectors along the minor axes of the tensor ellipsoid. The degree of 
anisotropy of a medium is represented by a number called fractional anisotropy (FA). FA 
→ 0 represents a nearly isotropic medium and FA → 1 represents a very highly restricted 
medium. FA is calculated from the diffusion tensor 𝑫 as 
 
𝐹𝐴 =






Other DTI metrics are axial or parallel diffusivity (𝐷∥), radial or perpendicular diffusivity 




𝐷⊥ = (𝜆2 + 𝜆3)/2 
𝑀𝐷 = (𝜆1 + 𝜆2 + 𝜆3)/3 















A DTI of a 4 mm thick slice of the human cervical spinal cord at C4-C5 vertebra level is 
shown in Figure 2.17. 
 
2.4.6 Monte Carlo Simulation of Water Diffusion in White Matter 
An analytical solution of the Bloch equation with the diffusion term (Bloch-
Torrey equation) exists only for free diffusive motion where the displacement of the 
water molecules is a Gaussian distribution. When the diffusive motion is restricted, an 
exact solution of Bloch-Torrey equation is not possible. However, one can consider 
approximations such as the GPD and SPG to obtain the solution of Bloch-Torrey 
equation. Approximate solutions of Bloch-Torrey equation are possible only for simple 
and known geometries, such as an impermeable sphere (45) or cylinder (46). However, 
the structure of the neural tissue is very complex and an analytic solution of Bloch-Torrey 
equation even with GPD or SPG approximation is generally not possible. A commonly 
adopted method to study the diffusive motion in biological tissue is the Monte Carlo 
simulation (MCS)(47–49). In order to study water diffusion in white matter, and hence, 
the DW signal, MCSs have been performed with different white matter models; axons are 
modeled by square and hexagonal arrays of cylinders (50,51), prolate ellipsoids (52), 
hexagonal arrays of cylinders with myelin (49), and cylinders with radii distributed with 
gamma variate function (48). Although MCSs do not provide the same level of 
mathematical insight as analytic solutions do, MCSs are capable of investigating the 
diffusion phenomena in biological tissue for which analytical solutions do not exist (48). 
 In Monte-Carlo simulations of water diffusion, the position of each water 






Figure 2.17: DTI of the human CSC. Six DW images with diffusion-weighted gradient 
applied in six different directions and one image without diffusion weighting. FA, EV, 𝐷∥ 
and 𝐷⊥ are derived from the DTI calculation. FA and EV are unit less and 𝐷∥ and 𝐷⊥ are 
in the unit of 10−3 mm2/s. 
 
of the assumptions and procedures incorporated in the MCS have been described in the 
literature (47–50,52–54). The MCS proceeds by initially distributing the molecules in the 
input geometry as described below:  
2.4.6.1 Input geometry.   The input geometry is a microscopic tissue structure in 
which diffusive motion of the molecules is being simulated. An image of a WM model or 
picture of a section of white matter provides the input geometry. The input geometry can 
be two-dimensional (2D), but three-dimensional diffusive motion can be simulated by 
assuming the diffusive motion perpendicular to the image plane (along axons) is free 
diffusion. 
2.4.6.2 Initial distribution.   At time t = 0, N molecules are uniformly distributed 
into intra-axonal (IA) and extra-axonal (EA) spaces of a voxel with dimension L × W × 
H. No water molecules are assigned into the myelin space because the water protons in 





relatively long TE of the diffusion MRI experiments, particularly in whole body human 
MRI system. A three-dimensional diffusive motion is incorporated by updating the 
position of each molecule in every 𝛿𝑡 for a diffusion time 𝑇𝑑𝑖𝑓𝑓.  
2.4.6.3 Position update.   The new position 𝑟′ of a molecule is calculated to be 
 𝑟′ = 𝑟 + 𝑙, where 𝑟 represents the current position and 𝑙 is a step vector with a constant 
length and random direction in 3D space. The constant step length is calculated as 𝑟 =
√6𝐷𝛿𝑡 (48), where 𝐷 is the free diffusion coefficient of the molecules. A random 
uniform direction is given by the spherical polar coordinates 𝜙 = 2𝜋𝑢 and 𝜃 =
cos−1(2𝑣 − 1) , where 𝑢 and 𝑣 are uniformly distributed random numbers in the range 
[0, 1]. 
2.4.6.4 Exchange of molecules.   A molecule is either transmitted or reflected at 
the boundary with a probability that is determined by the permeability 𝑃. The 
transmission probability for the molecules from one space to another (𝑝1→2 ) is given by 
𝑃 = (1/4)𝑣1𝑝1→2, where 𝑣1 = √(6𝐷1/𝛿𝑡) is the velocity of the molecules in space 1 
(47). 
2.4.6.5 Local and voxel boundaries. A molecule diffuses freely along the fiber 
direction and possibly encounters a local boundary such as the membrane or myelin 
sheath perpendicular to the fibers. Xing et al. (54) studied the effect of a local boundary 
on the diffusive motion using four different position updating methods: elastic boundary 
reflection, nonelastic boundary reflection, equal-step-length random leap, and nonelastic 
boundary reflection with Gaussian sampling. In their study, the authors concluded that 
when the step length is relatively small in comparison to the size of the restriction, the 





of the calculation, when a molecule crosses a local barrier and the permeability of the 
membrane (barrier) does not allow the molecule to cross it, the last position can be 
abandoned and a new position can be generated using the equal-step-length random leap 
method until it finds a position belonging to the same space. A periodic boundary (arrays 
of identical voxels) can be considered for the voxel boundary. When a molecule crosses 
the voxel boundary, then the molecule can be translated into the other side of the voxel 
with the same step length. 
2.4.6.6 DW signal calculation. The successful position of each water molecule 
can be recorded for every 10−100 μs time step. The pulsed-gradient spin-echo (26) signal 
is then obtained by computing the phase accumulated by each molecule during the 
position–recording steps and summing the contributions from all water molecules as 𝑆 =
∑ exp (−𝑖𝛾 ∑ 𝑟𝑗𝑘. ?⃗?𝐷
𝑗) 𝛿𝑡𝑗𝑘 ,where 𝑟𝑗𝑘 is the position vector of k
th molecule in jth time step, 
?⃗?𝐷
𝑗
 is the applied gradient in jth time step. Variation in the b-value is achieved by varying 
the gradient amplitude. The values of T2 for IA and EA spaces are assumed to be the 
same. Thus, the effect of T2 is ignored in the signal calculation.  
 
 Phased Array Coil 
2.5.1 Historical Perspective 
The first single-channel surface coils were available in the 1980s. The coil had to 
be moved for imaging of a large field-of-view (FOV) because the high SNR localized 
single-channel surface coils were limited to the dimension of the surface coil. The 
requirement of changing the position of the coil not only brought inconvenience to the 





the scan had to be repeated over and over. By early 1990, switchable arrays were 
invented. The switchable arrays solved the problem that the coil had to be moved from 
one region to another; however, most MR scanners at that time were not capable to 
receive the signals from the multiple channels simultaneously. As a result, only one of the 
multiple channels could be used at a time for imaging. In 1990, Roemer et al. (55) 
introduced a phased array coil composed of multiple surface coils. The phase array coil 
provides high SNR from a surface of a large FOV. Almost immediately, a phased array 
volume coil was introduced by Hayes et al. (56). The phased array volume coil provides 
high SNR at the surface as well as the center of the coil. Since then, phased array coils 
have been routinely used in clinical MRI. 
 
2.5.2 Surface Coil 
A radio frequency coil consists of one or more loops of a conductive wire and is 
used to detect the signal generated in MRI experiments. RF coils are broadly classified 
into three categories depending on their functionality: transmit-receive, receive-only, and 
transmit-only. When a receive-only coil is used for signal reception, either the body coil 
or separate transmit-only coil is used for the transmission of RF pulses.  
A surface coil, shown in Figure 2.18, is simply a single loop placed directly over 
the region of interest and provides a very high sensitivity. A surface coil can be used as a 
receive-only or transmit-receive coil; however, it provides higher sensitivity during the 
receive mode and suffers from RF field inhomogeneity during the transmit mode. 
Therefore, a surface coil is often used as a receive-only coil with the body coil as a 






Figure 2.18: Schematic of surface coils: circular and square coils. 
 
An equivalent circuit model of a surface coil is shown in Figure 2.19 (57). In this 
diagram, 𝐿𝑙𝑜𝑜𝑝 denotes the inductance of a loop and depends on the shape of the loop. 
𝐿𝑤𝑖𝑟𝑒 denotes the self-inductance of a wire and depends on the diameter (width) and 
length of the wire. 𝐶𝑙𝑜𝑜𝑝 denotes the capacitance of the loop and is chosen in such a way 
that the loop resonates at a target frequency. 𝑉𝑠𝑖𝑔 represents a voltage induced (NMR 
signal) in a surface coil by the precessing transverse magnetization of a sample. 𝑉𝑛𝑜𝑖𝑠𝑒 
represents thermally generated noise associated with the coil resistance 𝑅𝑐𝑜𝑖𝑙 (an AC 
resistance of a coil), and the sample resistance 𝑅𝑠𝑎𝑚𝑝𝑙𝑒. 
 Noise (𝑉𝑛𝑜𝑖𝑠𝑒) is mainly generated in a surface coil because of the coil losses 
(resistive losses) and the sample losses. The coil losses are due to the skin effect which 
can be diminished by choosing a wire with bigger cross-section and smaller resistivity 
(58). The sample losses are caused by two different mechanisms: magnetic and dielectric 






Figure 2.19: Equivalent circuit model of a surface coil. 
 
sample due to a time varying current induced in the RF coil by the precessessing sample 
magnetization. The magnetic losses cannot be diminished. The dielectric losses are 
caused by currents induced in a conductive sample by the electric fields of the RF coils 
(59). The dielectric losses can be mitigated by minimizing the electric filed at the sample, 
for example, by balancing the RF coil and by distributing the tuning capacitors along the 
coil (60). The lines of the electric field generated around the coils with different numbers 
of capacitors are shown in Figure 2.20. The values of the capacitors in two- and four-
capacitor loops are twice and four times larger than that of the single-capacitor loop. As a 
result, the voltage across each capacitor of the two- and four-capacitor loops is a half and 
quarter, respectively, of the voltage developed across the capacitor of the single-capacitor 
loop (61). The smaller the voltage developed across the capacitor is, the smaller the 
induced current in the conducting sample will be, and thus, the smaller the dielectric 






Figure 2.20: Distributions of the electric field lines (blue lines) for the single-, two-, and 
four-capacitor loops. Adapted from (61). 
 
The merit of a surface coil is measured by calculating the signal-to-noise ratio 





  [2.64] 
According to the Principle of Reciprocity (62), the signal induced in a coil by the 
precessing magnetic moment of a sample is proportional to the imaginary transverse 
component of the magnetic field produced on the sample by the coil with unit DC current 
on it. An amplitude of the signal voltage, which is picked up by a coil from a voxel of 
volume 𝑉 containing the magnetization per unit volume 𝑀0, is given by (63) 
 
𝑉𝑠𝑖𝑔 = 𝜔0𝑏1𝑟𝑉𝑀0 [2.65] 
where 𝜔0 is the Larmor frequency of spin precession and 𝑏1𝑟 is the transverse component 
of the rotating magnetic field produced at the voxel of volume 𝑉 by the unit DC current 
in the coil. 
According to the fluctuation-dissipation theorem, any dissipative medium 





there are two dissipative elements, which are the major sources of the noise. One is the 
coil resistance 𝑅𝑐𝑜𝑖𝑙 due to conductive losses of the wire and another is the sample 
resistance 𝑅𝑠𝑎𝑚𝑝𝑙𝑒  due to magnetically induced eddy current losses in the sample (64). 
The coil resistance is dominant or comparable with the sample resistance at a lower static 
field 𝐵0 (≤ 0.3 T) whereas the sample resistance dominates the coil resistance at a higher 
field 1.5 T or greater (65). The sample resistance is six or more times larger than the coil 
resistance for whole-body imaging at 1.5 T (64). The noise voltage at the terminal of the 
coil due to the Johnson noise is 
 
𝑉𝑛𝑜𝑖𝑠𝑒 = √4𝑘𝐵𝑇Δ𝑓𝑅 [2.66] 
where 𝑅 =  𝑅𝑐𝑜𝑖𝑙  +  𝑅𝑠𝑎𝑚𝑝𝑙𝑒  ≈  𝑅𝑠𝑎𝑚𝑝𝑙𝑒 at the field of 3 T, 𝑘𝐵 =1.38× 10
-23 J/K is 
Boltzmann’s constant, 𝑇 is the temperature of the sample and coil in Kelvin, and ∆f is the 
observational bandwidth in Hz. 
Substituting Eqs. [2.65] and [2.66], into the Eq. [2.64], the SNR expression becomes 
 
𝑆𝑁𝑅 ∝ 𝜔0
2𝑏1𝑟/√𝑅𝑐𝑜𝑖𝑙 + 𝑅𝑠𝑎𝑚𝑝𝑙𝑒  [2.67] 
From the Eq. [2.67], it is clear that the SNR of a coil is directly proportional to the 𝑏1𝑟 
field and square of the Larmor frequency, and inversely to the square-root of the sum of 
the coil and sample resistances. The 𝑏1𝑟 field can be maximized by putting the coil close 
to the sample, 𝑅𝑐𝑜𝑖𝑙 can be minimized by making the unloaded Q-factor high, and the 
𝑅𝑠𝑎𝑚𝑝𝑙𝑒 can be minimized by choosing the size of a coil that matches the target FOV. 
A quasistatic expression for the SNR of a lossless circular coil, a coil in which the 
sample resistance dominates the coil resistance, of radius 𝑅 placed on a conductive half-










where 𝑧 is a distance from the coil at which SNR is calculated. At a depth of z, a circular 
coil with the radius 𝑅 = 𝑧/√5 yields the optimal SNR. 
The coil SNR and losses discussed above are based on an ideal circuit model 
shown in Figure 2.19, and ignore various effects that appear in actual coil construction. 
Stray capacitances arise between nearby conductors, shown in Figure 2.21, shift the 
resonance frequency of the coil, and hence, degrade the performance of the coil. There 
will be additional resistive losses of a coil due to the effective series resistances of the 
passive components (capacitors, inductors, and diodes) and the connections such as 
solder joints (57). The effective resistance of a wire may also be increased at high 
frequencies by running a parallel wire in its close proximity, also known as proximity 
effect. The proximity effect arises when parallel wires induce eddy current in each other. 
The stray capacitances and the proximity effect may be minimized using proper 
orientation of wires and cables. The resistive losses in a coil may be mitigated by making 
the conduction path shorter and by avoiding unnecessary passive components and joints.  
 
 






Furthermore, the performance (or SNR) of a coil depends on the various other 
factors such as wire gauge, capacitive splits, Q-factor, and coil size. These factors are 
discussed in more detail below. 
2.5.2.1 Wire gauge. A thinner wire has a higher AC resistance (𝑅𝑐𝑜𝑖𝑙) than a 
thicker wire because of its smaller cross-section area, which results in higher signal loss. 
Conversely, a thicker wire is more difficult to form into a desired shape, and could 
introduce additional proximity effects. Therefore, wire gauge should be chosen carefully 
with a reasonable tradeoff between low AC resistance and ease of manufacturing. Wire 
with 14−18 gauges is considered a good compromise. 
2.5.2.2 Capacitive splits. Having too few capacitive splits (breakpoint) effectively 
increases the length of the conductor (wire) between the breakpoints. When the length of 
the conductor between the breakpoints reaches approximately 𝜆/10, transmission line 
effects become significant. Furthermore, the large electric field penetrates a larger sample 
volume, which results in increased dielectric losses. The transmission line effects and 
dielectric losses can be diminished by having many breakpoints. However, having too 
many break points effectively increases the coil resistance (𝑅𝑐𝑜𝑖𝑙) by increasing the 
resistance of the solder joints and the series resistance of the capacitor itself, causing 
higher resistive losses and a lower Q of the circuit (67). 
2.5.2.3 Q-factor. The quality factor 𝑄 is used in many areas of physics and 
engineering to measure the energy storage efficiency of a resonant circuit. It also refers to 
the speed with which an oscillation of a resonant circuit dies out. For example, a bell with 
a very high 𝑄 rings for very long after being struck. The Q-factor is the ratio of energy 






2𝜋 ×𝑚𝑎𝑥𝑖𝑚𝑢𝑚 𝑒𝑛𝑒𝑟𝑔𝑦 𝑠𝑡𝑜𝑟𝑒𝑑 𝑖𝑛 𝑎 𝑐𝑖𝑟𝑐𝑢𝑖𝑡





where 𝜔0 is the resonance frequency and 𝐿 (𝐿𝑐𝑜𝑖𝑙 + 𝐿𝑤𝑖𝑟𝑒) is the inductor of the coil. 
Alternatively, the Q-factor is defined as the ratio of the center frequency to the full width 









In MRI, a higher value of 𝑄 describes a surface coil with a smaller coil resistance 
which resonates with a large amplitude over a small bandwidth. Conversely, a coil with 
low 𝑄 resonates with small amplitude over a large range of frequencies. The 𝑄 value of a 
surface coil will be different when it is measured with or without a sample or load. An 
empty coil (unloaded) has relatively higher 𝑄 (𝑄𝑢𝑛𝑙𝑜𝑎𝑑) as 𝑅𝑐𝑜𝑖𝑙 is only the resistance 
acting in the circuit. In contrast, a loaded coil has relatively lower 𝑄 (𝑄𝑙𝑜𝑎𝑑) because the 
various fields of the coil interact with the conducting sample which increase the 




























2.5.2.4 Coil size. The sensitivity of a surface coil decreases with increasing depth 
𝑧 from the coil plane. The SNR of a circular coil with 6 cm radius calculated with respect 
to the distance from the coil using a quasistatic expression (Eq. [2.68] ) is shown in 
Figure 2.22. Thus, a surface coil provides the best SNR at the surface as SNR decreases 
with increasing distance from the coil. 
To optimize SNR at a particular depth one needs to consider the dependence of 
SNR at such depth as a function of coil radius. For different depths of interest, there will 
be different sizes of coils that offer the optimal SNR. Based on the quasistatic expression 
Eq. [2.68], a lossless circular coil of radius 𝑧/√5 yields the optimal SNR at a depth 𝑧, as 
shown in Figure 2.23. For example, to get optimal SNR at a depth of 6 cm, a circular coil 
of radius 2.68 cm is best. 
 
 
Figure 2.22: Relative SNR of a circular coil of radius 6 cm calculated at various depths 






Figure 2.23: Relative SNR of circular coils of different radii at a depth of 6 cm from the 
surface of the coils. A circular coil of radius 2.68 cm offers the optimal SNR at a depth of 
6 cm from the surface of the coil. 
 
The quasistatic expression was derived based on the assumption that coils are 
lossless. In the case of a small surface coil, the assumption that the coil is lossless may 
not be valid because the coil losses are generally not negligible compared to the sample 
losses. Kumar et al. (57) calculated the sizes of the lossy circular coils, which yield 
optimal SNR at various depths, using the full-wave electromagnetic numerical method-
of-moment (MoM) analysis. In the MoM analysis, a circular coil is considered a lossy 
conductor and the coil resistance is also included in the noise calculation. Three different 
kinds of resistances, the conductive resistance of the wire, the effective series resistance 
of the capacitors, and the RF resistance of the solder joints, are included in the MoM 





expression are listed in Table 2.3 (57). For a shallow depth (≤1 cm), the optimized radius 
of a lossy circular coil calculated using MoM differs significantly from that calculated for 
the lossless circular coils using the Bio-Savart’s law (quasistatic expression). However, 
for a target depth of 2−10 cm, the optimized radii of the coils differ very minimal 
between two methods. Therefore, to some approximation, the quasistaic expression can 
be used to optimize the radius of a coil for a target depth of 2−10 cm (57), which is the 
depth of most tissue being imaged routinely in the human MRI. 
 
2.5.3 Receive-Only Surface Coil Construction 
A well-constructed receive-only surface coil should be tuned to the desired 
frequency, matched with a characteristic impedance of the coaxial cable, and detuned 
during the transmission of RF pulses using active and passive detuning circuits. A cable 
trap must also be placed between the coil and preamplifier to block the common mode 
currents. A preamplifier is used to amplify the signal picked up by a coil. A schematic 
diagram of a surface coil including all above circuitries is shown Figure 2.24. Details of 
each circuitry are described below. 
 
Table 2.3: Optimal coil radii calculated using two different methods quasistatic and MoM 
for 3 T. 
Target depth in cm Optimal coil radii in cm 
(Quasistaic expression) 
Optimal coil radii in cm 
(MoM) 
0.5 0.2 0.5 
1.0 0.4 0.8 
2.0 0.9 1.4 
5.0 2.2 2.3 
7.5 3.4 3.4 
10.0 4.5 4.8 






Figure 2.24: A complete circuit schematic of a surface coil with 50 Ohm preamplifier. 
For a low input impedance preamplifier, a phase shifter (not shown in the figure) should 
be placed between the balun and the preamplifier to make the effective electric distance 
between coil and preamplifier a half-wave. 
 
2.5.3.1 Tuning and matching.   For the optimal performance of a surface coil, a 
coil should be tuned (resonate) at the desired frequency (128 MHz at 3 T) and matched to 
the characteristic impedance of the coaxial cable (usually 50 Ω). Tuning of a coil is 
carried out by adjusting a variable tuning capacitor 𝐶𝑡, and matching is performed by a 
adjusting a variable matching capacitor 𝐶𝑚 and matching inductor 𝐿𝑚 (see Figure 2.24). 
A good matching of a coil is obtained by adjusting 𝐶𝑚 and 𝐿𝑚 in such a way that the 
reflection parameter (𝑆11), which is measured using a network analyzer, is below −20 
dB as shown in Figure 2.25. 
 
 





2.5.3.2 Active and passive detuning. The receive-only coil should be detuned or 
deactivated during the transmission of RF pulses, otherwise, the coil picks up high RF 
power, which could cause several adverse effects such as local burning of patient’s skin 
adjacent to the coil, damaging the preamplifier, and increasing the 𝐵1 field 
inhomogeneity. The parallel LC circuit shown in Figure 2.26 is used for both active and 
passive detuning. The frequency response of a parallel LC circuit to the impedance and 
current is shown in Figure 2.27. At the resonance frequency, a parallel LC-circuit ideally 
poses infinite input impedance and the circuit is equivalent to an open-circuit. 
 
 
Figure 2.26: A parallel LC circuit. At resonance, the circuit is equivalent to open circuit 
between terminals A and B. 
 
      
Figure 2.27: Frequency response curves for (a) impedance and (b) current of a parallel 





The active and passive detuning circuitries embedded into a surface coil are 
shown in Figure 2.28. A parallel LC circuit made of an inductor L and a capacitor C 
(inside blue-dashed line) resonates at a desired frequency (128 MHz at 3 T). The active 
trap will be activated by forward-biasing the PIN diode D1 supplying a 100 mA DC 
current from the MRI system. During the RF transmission, the diode D1 is shorted by 
supplying a 100 mA DC current and L and C of the active trap formed a parallel LC 
circuit. A parallel LC circuit provides infinite impedance at L and C junctions, which 
deactivates the coil. In contrast, the passive trap, which is composed of crossed-switching 
diodes (D2), will be activated by high power AC current. The passive trap is a supplement 
to the active trap. When an active trap fails to deactivate a coil during the RF 
transmission, the coil picks up very high power current, which shorts the crossed-diode 
pair D2. Then, the L and C of the passive trap form a parallel LC circuit, which creates a 
virtual open circuit at the L and C junctions. During the NMR signal reception, the PIN 
diode D1 is reverse-biased with −30 V and the NMR signal is not large enough to short 
the diode D2. Both diodes D1 and D2 act as an open circuit at the time of the signal 
reception, thus, no parallel LC circuit is formed. The coil remains tuned at the desired 
frequency and picks up the NMR signal.  
Using a network analyzer, the performance of the active and passive traps can be 
evaluated on the bench by measuring the decrease in the transmission parameter (𝑆21) 
before and after a 100 mA DC current supplied to a coil. Typical 𝑆21 curves before and 
after a 100 mA DC current supplied to a coil are shown in Figure 2.29. For the acceptable 
performance of the traps, the 𝑆21 parameter should decrease approximately by 25−30 dB 






Figure 2.28: A schematic of a surface coil with active and passive detuning circuits 
(enclosed in the blue-dashed line). 
 
 
Figure 2.29: 𝑆21 measurements (a) before and (b) after a 100 mA DC current supplied to 
a coil during active/passive detuning. The 𝑆21 parameter is decreased by 30 dB at the 
resonance frequency during the detuning. 
 
 
2.5.3.3 Cable trap (balun). A coaxial cable generally carries two types of 
currents: differential and common modes. A differential mode has exactly equal and 
opposite current in the central and shield conductors of a coaxial cable. Currents in 
differential mode neither radiate energy outside nor respond to the outside signals. 
Conversely, common mode currents flowing along the shield of the coaxial cable are not 





The current in a common mode generates unnecessary coupling and heating of the RF 
coils and cables (68). A balun provides a large amount of impedance to the common 
mode current without affecting the differential mode current. An RF coil without a balun 
has the higher coil losses, and hence, the lower SNR. 
 Generally, a balun (cable trap) is constructed using an inductor (L) made of the 
cable shield and a capacitor (C) of appropriate capacitance in a parallel combination as 
shown in Figure 2.30, so that the parallel LC circuit resonates at the desired frequency. 
Since a parallel LC circuit provides infinite input impedance at the resonance frequency, 
the cable trap blocks the common mode currents, which flow through the outer cable 
shield, without affecting the differential mode currents. 
2.5.3.4 Preamplifier. A preamplifier is one of the important devices from the 
viewpoint of SNR of a surface coil. Generally, the signal induced and the noise generated 
in a coil are of the order of a few mV and μV, respectively, thus, the intrinsic SNR of a 
coil measured at the coil output terminals is about 1000. However, as the signal travels 
from the coil to the receiver, noise is continuously added along the pathway, resulting in 
poorer SNR. Therefore, a low noise high gain preamplifier is placed next to the coil, 
which amplifies both the intrinsic signal and noise of the coil. A simple model of the 
preamplifier is depicted in Figure 2.31. Preamplifiers have a typical gain of 20−30 dB, 
i.e., a preampfier amplifies a signal 100-1000 times in power (10-31 times in voltage). 
However, a preamplifier is a power device, which adds an extra noise at the time of 
amplification. The quality of a preamplifier with gain 𝐺 is described by the noise figure 
















Figure 2.30: A cable trap (balun) constructed using a parallel combination of a cable 
shield inductor and a capacitor. 
 
 
Figure 2.31: Depiction of a preamplifier with gain 𝐺. 𝑆𝑖 and 𝑁𝑖 denote the input signal 
and noise, respectively, and 𝑁𝑝 denotes the noise generated inside the preamplifier. 
 
where 𝑆𝑁𝑅𝑖𝑛𝑝𝑢𝑡 and 𝑆𝑁𝑅𝑜𝑢𝑡𝑝𝑢𝑡 represent the SNR in terms of the power at an input and 
output terminals of a preamplifier. 𝑆𝑖, 𝑆𝑜, 𝑁𝑖, 𝑁𝑜 = 𝐺𝑁𝑖 + 𝑁𝑃, and 𝑁𝑝 denote, 
respectively, input signal, output signal, input noise, output noise, and noise generated by 
the preamplifier. Eq. [2.74] describes that preamplifiers with the same NF but different 
gain will have the same 𝑁𝑝/𝐺 ratio, which results in the same output SNR, 𝑆𝑁𝑅𝑜𝑢𝑡 =
𝑆𝑖/(𝑁𝑖 + (𝑁𝑝/𝐺)), of the preamplifier. However, as the signal travels through the cable 
and other RF components, noise is continuously added up, thus, a preamplifier with 





2.5.4 Phased Array Coil 
Generally, a surface coil is optimized for a target depth, for instance, a circular 
coil of radius 2.68 cm has the optimal SNR for a depth of 6 cm. For a shallower depth, a 
smaller surface coil yields the optimal SNR. In contrast, a bigger coil is required to obtain 
the optimal SNR from a deeper depth. Therefore, the optimal size of a surface coil 
depends on the target depth which necessarily limits the imaging FOV to a smaller region 
(70). In most cases, the imaging FOV of a surface coil does not cover the anatomy of 
interest, thus, a bigger imaging FOV is required, which can be achieved using the 
multiple surface coils. An RF coil composed of multiple surface coils is called a “phased 
array”. The term ‘phased array’ has been derived from antenna theory. Phased array coils 
offer high SNR images over a large FOV and have advantages over volume coils at least 
in two ways: first, the SNR and quality of the images can be improved; second, imaging 
time can be reduced significantly (71). A schematic of a 7-channel phased array coil 
composed of seven circular coils is shown in Figure 2.32. Each element of an array is 
equipped with all the necessary RF components such as a tuning, matching, active and 
passive detuning, balun, and preamplifiers which were discussed in the previous sub-
section. Each element receives signal independently and simultaneously. A composite 
image is formed by combining the signals received from all elements using the square 
root of the sum-of-squares method (55).  
In a phased array coil design, an extension of a FOV is achieved by using multiple 
surface coils. However, it is also desirable to maintain each surface coils’ optimal SNR, 
which is generally reduced by mutual interactions with other surface coils. A major 






Figure 2.32: Schematic of a 7-channel phased array coil. 
 
elements. The mutual coupling between two elements has been modeled and described 
elsewhere (67). A model of a two elements system is depicted in Figure 2.33. 𝑅1(2), 𝐿1(2), 
and 𝐶1(2) denote resistance, self-inductance, and capacitance of the coil 1(2), 
respectively. 𝑉𝑠𝑖𝑔𝑛𝑎𝑙 represents a signal voltage induced in coil 1 and 𝑉𝑜𝑢𝑡 denotes an 
output voltage of the coil 1. The mutual inductance between coil 1 and coil 2 is 
represented by 𝑀12. 𝐼1 is an AC current induced in coil 1 due to precessing magnetization 
and 𝐼2 is an AC current induced in coil 2 due to current 𝐼1 flowing in coil 1, i.e., the 
mutual induction (𝑀12) between two elements. The output voltage of coil 1 can be 
expressed as (67) 
 
𝑉𝑜𝑢𝑡 = 𝑉𝑠𝑖𝑔𝑛𝑎𝑙 + (𝑅1 + 𝑖 (𝜔𝐿1 −
1
𝜔𝐶1
)) 𝐼1 + 𝑖𝜔𝑀12𝐼2   [2.75] 
The second and third terms in Eq. [2.75] are the noise generated in coil 1 associated with 






Figure 2.33: Mutual induction between two elements in an array (67). 
 
vanishes; leaving only the unavoidable resistive term, thus, only the resistive term 
contributes to the noise. The third term arises due to the mutual induction 𝑀12 between 
coils 1 and 2, and vanishes in two cases: either 𝑀12 = 0 or 𝐼2 = 0.  
𝑀12 = 0 corresponds to the case where the mutual induction between coil 1 and 
coil 2 is zero. This represents a situation in which two coils are overlapped in such a way 
that the magnetic flux linkage in one coil due to another coil is completely nullified. The 
mutual induction between two elements will be zero when circular elements are separated 
by about 0.75 × diameter, or square elements are separated by about 0.90 × diameter 
(55). The coupling between two elements can also be eliminated (𝑀12 = 0) by choosing 





circular element, shown in Figure 2.34, poses a negligible mutual induction between 
them because the magnetic fields produced by them are orthogonal to each other (72). 
𝐼2 = 0 corresponds to the case where the current flowing in coil 2 due to the AC 
current in coil 1 is zero. This condition is achieved using a preamplifier decoupling 
technique. The details of this technique are described elsewhere (55,67). A circuitry for 
the preamplifier decoupling technique is depicted in Figure 2.35. The matching inductor 
(𝐿𝑚) and capacitor (𝐶𝑀) are used for the decoupling circuitry. When the input impedance 
of the preamplifier is very low, ideally 0, the matching inductor 𝐿𝑚 and capacitor 𝐶𝑀 
form a parallel LC circuit. The values of 𝐿𝑚 and 𝐶𝑀 are chosen in such a way that the 
parallel LC circuit formed by 𝐿𝑚 and 𝐶𝑀 resonates at a target frequency, providing a high 
impedance (open circuit in the theoretical limit) to a target frequency. As a result, there is 
no current flow, i.e., 𝐼2 =0, in coil 2. 
 
 
Figure 2.34: A co-axial pair of butterfly-circular elements. The mutual induction between 
two elements is negligible because of the orthogonal nature of the magnetic fields 






Figure 2.35: A circuitry of preamplifier decoupling technique. A low input impedance 
(𝑟𝑝𝑟𝑒𝑎𝑚𝑝 < 5 Ω) preamplifier is connected to the coil 2. 
 
The performance of preamplifier decoupling can be evaluated by measuring the 
decrease in 𝑆21 parameter before and after the low input impedance preamplifier inserted 
into the preamplifier board. Usually, the preamplifier decoupling provides 20−25 dB 
decrease in the 𝑆21 parameter when it is measured with the preamplifier inserted into the 
board compared to that measured without the preamplifier inserted into the board. 




Figure 2.36: 𝑆21 curves of an isolated element (a) without preamplifier decoupling and 
(b) with preamplifier decoupling. The difference of 𝑆21 before and after the preamplifier 





If a nonzero mutual induction between two elements exists (either 𝑀12 ≠
0 𝑜𝑟 𝐼2 ≠ 0), the resonance peak (𝑆11 curve) will be splited and distorted, which 
degrades the performance of the elements, and hence, the phased array coil composed of 
them. Effects on the 𝑆11 curve due to two elements keeping close to each other are 
shown in Figure 2.37. The resonance peak starts to split when two elements are not 
overlapped critically. At a critical overlapping, for example, circular elements are 
separated by about 0.75 × diameter, or square elements are separated by about 0.90 × 
diameter (55), the mutual induction between two elements is zero, and hence, the single 




Figure 2.37: Effects of the mutual induction between elements on the resonance peak 
(S11). (a) Individual element, (b) two elements close to each other (not enough 






A complete circuit schematic for an element of a phased array is depicted in 
Figure 2.38. A pi-network phase shifter is added into the circuit to make an electrical 
distance half-wave from the coil to the preamplifier. A co-axial cable of length equal to 
half-wave may also be equivalently used between the coil and the preamplifier instead of 
the phase shifter. The half-wave electric length between coil and preamplifier effectively 




Figure 2.38: Circuit schematic of an element of a phased array. A pi-network phase 
shifter is incorporated into the circuit to make an electric distance half-wave (𝜆/2) from 







3 CHARACTERIZATION OF SPINAL CORD WHITE MATTER BY 
SUPPRESSING SIGNAL FROM HINDERED SPACE: A MONTE  
CARLO SIMULATION AND AN EX VIVO ULTRAHIGH-B 
 DIFFUSION-WEIGHTED IMAGING STUDY 
 
This chapter is adapted from a paper entitled “Characterization of spinal cord 
white matter by suppressing signal from hindered space: a Monte Carlo simulation and 
an ex vivo ultrahigh-b diffusion-weighted imaging study “authored by Nabraj Sapkota, 
Sook Yoon, Bijaya Thapa, YouJung Lee, Erica F. Bisson, Beth M. Bowman, Scott C. 
Miller, Lubdha M. Shah, John W. Rose, and Eun-Kee Jeong. The paper has been 
published online in the Journal of Magnetic Resonance (JMR) in September 2016. 
 
 Abstract 
Signal measured from white matter in diffusion-weighted imaging is difficult to 
interpret because of the heterogeneous structure of white matter. Characterization of the 
white matter will be straightforward if the signal contributed from the hindered space is 
suppressed and purely restricted signal is analyzed. In this study, a Monte Carlo 
simulation (MCS) of water diffusion in white matter was performed to understand the 





hindered space of an excised pig cervical spinal cord white matter was suppressed using 
the ultrahigh-b radial diffusion-weighted imaging. A light microscopy image of a section 
of white matter was obtained from an excised pig cervical spinal cord for the MCS. The 
radial diffusion-weighted signals originating from each of the intra-axonal, extra-axonal, 
and total spaces were studied using the MCS. The MCS predicted that the radial 
diffusion-weighted signal remains almost constant in the intra-axonal space and decreases 
gradually to about 2% of its initial value in the extra-axonal space when the b-value is 
increased to 30,000  s/mm2. The MCS also revealed that the diffusion-weighted signal for 
a b-value greater than 20,000 s/mm2 is mostly from the intra-axonal space. The decaying 
behavior of the signal-b curve obtained from ultrahigh-b diffusion-weighted imaging 
(𝑏𝑚𝑎𝑥 ~ 30,000 s/mm
2) of excised pig cord was very similar to the decaying behavior of 
the total signal-b curve synthesized in the MCS. A monoexponential plus constant fitting 
of the signal-b curve obtained from a white matter pixel estimated the values of constant 
fraction and apparent diffusion coefficient of decaying fraction as 0.32 ±0.05 and (0.16 
±0.01) × 10-3 mm2/s, respectively, which agreed well with the results of the MCS. The 
signal measured in the ultrahigh-b region (𝑏 > 20,000 s/mm2) is mostly from the 
restricted (intra-axonal) space. Integrity and intactness of the axons can be evaluated by 
assessing the remaining signal in the ultrahigh-b region. 
 
 Introduction 
An advanced magnetic resonance imaging (MRI) technique, high-b diffusion-
weighted imaging (DWI), has been evolving for neural tissue imaging because it provides 





sensitivity in gliomas grading (74). The high-b DWI may also be beneficial in detecting 
additional subtle WM lesions (75,76). Restricted compartment in WM can be estimated 
using ultrahigh-b radial DWI (UHB-rDWI, the DWI with the applied field gradient 
perpendicular to the fibers), which can be a biomarker for the characterization of the WM 
(77,78). An understanding of the relationship between the behavior of diffusion-weighted 
(DW) signal with respect to b-value and fiber microstructure may elucidate the 
physiologic processes underlying both the loss and recovery of neural function in disease 
states and with therapy (79).  
Recently, various DWI methods such as q-space imaging originally introduced by 
Cory and Garroway (35) and Callaghan et al. (36), AxCaliber (37), and NODDI (38) 
have been proposed to characterize neural tissue. However, current clinical MRI systems 
have been facing difficulties to meet the requirements and assumptions proposed in the 
models (37,38). Fitting of the signal versus b (signal-b) curve obtained from UHB-rDWI 
is the conventional DWI method that has been considered a potential technique to 
characterize neural tissues (49,52,77,78,80–84); however, because of the complex 
structure of the WM, its characterization is not straightforward.  
 DW signal measured in the WM is mostly dominated from the intra-axonal (IA) 
and extra-axonal (EA) spaces. The contribution of myelin water to the DW signal is 
negligible because the water molecules in myelin have short 𝑇2 (~10 ms) for a relatively 
long echo-time ( TE ~ 100 ms) (85–87). The diffusive motion perpendicular to the fibers 
is restricted (diffusive motion is confined inside the boundary) in the IA space and 
hindered (molecules can diffusive around but the diffusive motion deviates from the  





Because axons are almost cylindrical in structure, the restricted diffusion inside the axons 
may be modeled with the diffusion inside an impermeable cylinder. The analytical 
expressions for the DW signal attenuation in an impermeable cylinder have previously 
been reported in (46,89–91); however, because of the complicated structure of the WM, 
including a restricted space formed by the heterogeneous distribution of axons and a 
hindered space with indefinite hindrance provided by the axons and other 
microorganelles, an analytical solution of the diffusion equation in WM is not possible. 
The signal attenuation in the DWI can be expressed using the cumulant expansion 
(92,93), which is a Taylor expansion of the logarithm of the signal in power of b in the 
vicinity of 𝑏 =0: 
 




2 +⋯ , [3.1] 
where 𝑆𝑏 and 𝑆0 are the signal intensities with and without diffusion-weighting, 
respectively. 𝐴𝐷𝐶 is the apparent diffusion coefficient and 𝐾𝑎𝑝𝑝 is the apparent excess 
diffusional kurtosis. The parameter b is defined by the expression 𝑏 =  (𝛾𝛿𝐺𝐷)
2 × (𝛥 −
𝛿/3) , where 𝛾 is the gyromagnetic ratio, and 𝛿, 𝛥, and 𝐺𝐷 are, respectively, the duration, 
separation of leading edge, and amplitude of the DW gradient. For free diffusion, the 
distribution of the molecular displacement is Gaussian. The second and other higher 
terms of Eq. [3.1] vanish, and hence, the signal decays monoexponentially with the b-
value as described in the Stejskal-Tanner equation (26). For restricted diffusion, such as 
the diffusion in WM, the distribution of the molecular displacement in not Gaussian, thus, 
the higher order terms of the cumulant expansion (Eq. [3.1]) should be considered to 
describe the signal behavior. However, the cumulant expansion has a finite radius of 





The DW signal decays nonmonoexponentially with the b-value in WM. A bi-exponential 
signal decay has been reported in rat brain ex vivo (80), rat brain in vivo (83), and human 
brain in vivo (77,81,82). A monoexponential with a constant baseline model has been 
used to fit the signal-b curve in human brain in vivo (49) and spinal cord in vivo (78,94). 
A tri-exponential model has been used as a better fitting model than bi-exponential in rat 
brain in vitro (95) and bovine optic nerve ex vivo (52). Multiexponential decay has been 
reported in rat brain in vivo (96) and rat brain and bovine optic nerve in vitro (97).  
 In this project, Monte Carlo simulation (MCS) was performed for the intensive 
study of the water diffusion in WM. The MCS provides the detailed behavior of the 
signal-b curve in the IA and EA spaces separately. Previous MCS studies of water 
diffusion in WM with different WM models (49,77,98) did not clearly explain the 
behavior of the signal-b curve in the ultrahigh-b (UHB) region and the potential 
application of the UHB-rDWI to characterize the WM. The focus of this work was to 
evaluate the DW signal originating from each of the IA, EA, and total spaces of WM 
using the MCS, and suppress the DW signal originating from the hindered space of the 
excised pig cervical spinal cord (CSC) WM using the diffusion parameters (diffusion 
duration, gradient amplitude, and diffusion time) guided by the MCS. 
 
 Methods 
3.3.1 Light Microscopy Image of a Section of White Matter  
The excised healthy pig cord (C2-C6) was fixed for 2 days in buffered formalin 
and then stored at 4°C in phosphate-buffered saline (PBS) for 8 months. Sections of the 





osmium tetroxide, dehydrated in ascending concentrations of ethanol, and embedded in 
epoxy resin. Cross-sections of the cord were cut to 1 μm in thickness, mounted on glass 
slides, and stained with toluidine blue prior to observation by light microscopy. A light 
microscopy image (LMI) of a section of cervical spinal cord WM (CSC-WM) obtained 
with a light microscope (magnification ×60) is shown in Figure 3.1a.  
 
3.3.2 MCS of Water Diffusion in Cervical Spinal Cord White Matter 
 The MCS of water diffusion was performed by uniformly distributing N water 
molecules into the IA and EA spaces of the LMI obtained from the excised pig CSC-WM 
(Figure 3.1b). No water molecules were assigned into the myelin space because the short 
T2 (~ 10 ms) water protons in myelin space do not contribute to the total signal in the 
DWI with a relatively long TE ~100 ms (85,86).  
 
 
Figure 3.1: LMI- (a) a 2D cross-section view of a section of pig CSC-WM (187 × 140 
μm2) and (b) segmentation of the LMI shown in (a) into IA, EA, and myelin spaces. 
Scale bar in (a) is equal to 20 μm. In (b), the gray is IA space, white is EA space, and 
black is myelin space. The image was digitally segmented into three spaces: intra-axonal, 
extra-axonal, and myelin as shown in Figure 3.1b, using the ImageJ program available in 
the NIH public domain. Boundaries for the ambiguous sections, which were not 
successfully segmented by automatic thresholding, were manually drawn and assigned 





A three-dimensional diffusive motion was incorporated by updating the position 
of each molecule in every 𝛿𝑡 during a diffusion time 𝑇𝑑𝑖𝑓𝑓 as described in the literature 
(47–50,52–54). A new position of a molecule was calculated by adding a constant 
length, (6𝐷𝛿𝑡)1/2, and a random direction step vector to the current position. 𝐷 is an 
intrinsic diffusion coefficient of a water molecule, and a random uniform direction is 
given by the spherical polar coordinates 𝜙 = 2𝜋𝑢 and 𝜃 = 𝑐𝑜𝑠−1(2𝑣 − 1), where 𝑢 and 
𝑣 are uniformly distributed random number in the range [0, 1]. The value of 𝐷 was 
chosen based on the value of axial diffusivity, i.e., the diffusivity calculated with the DW 
gradient parallel to the fibers, measured as 0.50 ×10-3 mm2/s in our specimen. Previously 
reported values of axial diffusivity, such as 0.47 ×10-3 mm2/s from the five excised CSC 
of normal control subjects (99) and 0.62 ×10-3 mm2/s from the three sections of a post-
fixed excised pig CSC (100), also support the value of 𝐷 chosen in the present study. 
Because the axial DW signal decays monoexponentially with b-value in our specimen, it 
does not violate common sense to choose the same value of 𝐷 for both the IA and EA 
spaces as in (77). The details of the simulation parameters for the different sets of the 
simulations (S1, S2, S3, S4, and S5) are given in Table 3.1. 
 
Table 3.1: The MCS parameters (units: DIA,  DEA = mm
2/s;  δt − μm; δ, Δ,  Tdiff − ms; 
bmax − s/mm
2) 
𝐷𝐼𝐴  =  0.5 × 10
−3,  𝐷𝐸𝐴  =  0.5 × 10
−3  - Diffusivities in IA and EA spaces 
𝛿𝑡 =  0.1, 𝑇𝑑𝑖𝑓𝑓  =  600 
𝑁 =  18,000 (𝐼𝐴 –  32%, 𝐸𝐴 –  68%) 
- Update time and diffusion time  
- Total molecules distributed  
𝑆1: 𝛿 =  25, 𝛥 =  100, 𝑏𝑚𝑎𝑥  =  7,232 
 
𝑆2: 𝛿 =  45 , 𝛥 =  75 , 𝑏𝑚𝑎𝑥  =  10,650  
𝑆3: 𝛿 =  50, 𝛥 =  100, 𝑏𝑚𝑎𝑥  =  18,261  
𝑆4: 𝛿 =  30, 𝛥 =  450, 𝑏𝑚𝑎𝑥  =  29,380 





In this simulation, axons were considered as nonpermeable unless otherwise 
stated. When a molecule crossed a local barrier (IA or EA space to myelin space), the last 
position was abandoned and a new position was generated in a random direction until it 
finds a position belonging to the same space as described by Xing et al. (54). A molecule 
was either transmitted or reflected at the boundary with a probability that is determined 
by the permeability, 𝑃, as discussed by Szafer et al. (47), when the axons were considered 
as permeable. The 𝑃 = 5 μm/s was chosen based on the previously reported value of 
permeability 2.7 μm/s in Xenopus oocytes (101) and 7.0-9.0 μm/s in bovine optic nerve 
(52). The successful positions of all molecules were recorded for every 100 μs time step. 
The DW signal was then obtained by computing the phase accumulated by each molecule 
during the position–recording steps and summing the contributions from all water 
molecules as 𝑆 = ∑ Sk(0)exp (−𝑖𝛾 ∑ (𝒓𝒋𝒌 ⋅ 𝑮𝑫
𝒋
)𝛿𝑡)𝑗𝑘 , where Sk(0) =1 is the signal from 
the kth molecule without diffusion-weighting, 𝒓𝒋𝒌 is the position vector of k
th molecule in 
jth time step, and 𝑮𝑫
𝒋
 is the applied gradient in jth time step. Variation in the b-value was 
achieved by varying the gradient amplitude. The signals for IA, EA, and total (IA plus 
EA) spaces were calculated using the molecules distributed only in the IA, EA, and total 
spaces, respectively. The signal-b curve, which is obtained with the DW gradient applied 
perpendicular to the fibers, can be much more informative than that applied parallel to the 
fibers. Therefore, the MCS is performed with radial DW gradient unless otherwise stated. 
The T2 values for the water molecules in IA and EA spaces are assumed to be the same, 
and the effect of T2 is ignored in the signal calculation.  
The MCS software was programmed using Message Passing Interface (MPI) C++ 





(CHPC) of the University of Utah. The computation time was 20−25 min for 𝑇𝑑𝑖𝑓𝑓  =
 600 ms with 24 processing elements. 
 
3.3.3 MRI Experiment 
The axial DW images were obtained using three-dimensional multishot DW 
stimulated echo planar imaging (ms-DWSTEPI) (102) with echo train length 9 on a 
Siemens 3T MRI system (Trio, Siemens Medical Solutions, Erlangen, Germany). The 
system was equipped with the maximum gradient strength and gradient slew rate as 40 
mT/m and 200 mT/m/s, respectively. A homebuilt birdcage coil (1.27 cm inner diameter, 
2.54 cm in length) was used as a transmit-receive coil. The specimen was immersed into 
a tube filled with a thick gel of corn starch to remove the susceptibility artefact at the 
surface of the tissue. The details of imaging parameters for the different sets of 
measurements (M1, M2, and M3) are given in Table 3.2. The repetition times (TRs) were 
chosen in such a way that each measurement would have similar recovery time for the 
longitudinal magnetization. The DW gradient was applied in the left-right direction while 
the spinal cord was parallel to the 𝐵0 (static field) direction. The post-processing of the 
DICOM images was performed using software written in Python. Variation in the b-value 
was obtained by varying the gradient amplitude. 
 
3.3.4 Curve Fitting  
The total signal-b curve was fitted to a monoexponential plus constant fitting 
(MCF) model 𝑆𝑏/𝑆0 = 𝑓𝑑𝑒𝑐𝑎𝑦  exp(−𝑏. 𝐴𝐷𝐶) + 𝑓𝑐𝑜𝑛𝑠𝑡 using nonlinear curve-fitting sub-





Table 3.2: The MRI parameters (units: δ, Δ, TE, TR, TM − ms and bmax − s/mm
2) 
FOV = 96 ×  24 mm2 In-planner resolution =  0.75 ×  0.75 mm2 
Acquisition matrix = 128 ×  32 ×  16 Slice thickness = 2 mm 
Bandwidth = 500 Hz/Pxl Scan time = 30– 60 min for 2 averages 
𝑀1: 𝛿 =  30, 𝑇𝐸 =  90, 𝑇𝑅 =  1050, 𝑇𝑀 =  450,  𝒃𝒎𝒂𝒙  =  30,082  
𝑀2: 𝛿 =  30, 𝑇𝐸 =  120, 𝑇𝑅 =  1050, 𝑇𝑀 =  450,  𝒃𝒎𝒂𝒙  =  30,017  
𝑀3: 𝛿 =  45, 𝑇𝐸 =  120, 𝑇𝑅 =  825, 𝑇𝑀 =  225,  𝒃𝒎𝒂𝒙  =  28,226  
 
(𝑏 =  0 s/mm2), respectively. 𝑓𝑑𝑒𝑐𝑎𝑦 and 𝑓𝑐𝑜𝑛𝑠𝑡 are the fractions of decaying and constant 
signals, respectively. 𝐴𝐷𝐶 is the apparent diffusivity of the decaying signal. 
 
 Results 
3.4.1 Monte-Carlo Simulation 
The MCS of water diffusion, which was performed with LMI (Figure 3.1b) 
obtained from a section of pig CSC-WM as an input geometry, predicted that the signal-b 
curve remains almost constant (decay rate 0.22 ×10-5 mm2/s) for the IA space; however, 
the signal-b curve for the EA space decays approximately monoexponentially (decay rate 
0.15 ×10-3 mm2/s) to about 2% of its initial value when the b-value is increased to 30,000 
s/mm2 as shown in Figure 3.2, under the condition that the maximum gradient strength is 
in the range of gradient strength available in most clinical scanners (< 40 mT/m). The 
total WM signal synthesized in the simulation decreases in the low-b region and remains 
constant in the UHB region because the total signal is the sum of decaying signal from 
EA space and almost constant signal from IA space. Therefore, the total signal-b curve in 
the MCS can be fitted with a monoexponential plus constant function (49,78). The MCF 
of the total signal-b curve estimated the values of 𝑓𝑐𝑜𝑛𝑠𝑡 and ADC as 0.34 ± 0.03 and 






Figure 3.2: MCS- signal-b curves obtained from the MCS of water diffusion in a section 
of WM shown in Figure 3.1b. Solid lines are the MCF of the total signal and 
monoexponential fitting of the signals from the IA and EA spaces. S4 set (δ = 30 ms, Δ = 
450 ms, and GD = 0−40  mT/m) was chosen for the simulation. 
 
Based on the MCS, the behavior of the signal-b curve is affected by various 
factors such as deviation of the direction of DW gradient from the actual radial direction 
of fibers and the existence of exchange of water molecules (permeability) between IA 
and EA spaces. It can be seen from Figure 3.3 that the total signal no longer remains 
constant in the UHB region when the direction of the DW gradient is not perfectly 
perpendicular to the fibers (Figure 3.3a) or exchange occurs between the molecules in the 
IA and EA spaces (Figure 3.3b). On the other hand, the signal-b curves decay in a similar 
fashion (Figure 3.3c) for all the simulation sets (S1-S5) independent of the imaging 
parameters, which indicates that the signal behavior does not depend on the chosen 






Figure 3.3. MCS- signal-b curves for (a) the various angles between DW gradient and 
fiber directions, (b) different diffusion times with exchange of molecules between IA and 
EA spaces, and (c) different sets of diffusion parameters given in Table 3.1. The solid 
lines are the MCF of the total signal-b curves. 
 
3.4.2  Ex Vivo UHB-rDWI Experiments 
The presence of noise in a measurement degrades the accuracy of fitting 
parameters obtained from the MCF of the signal-b curve. In our study, the signal-to-noise 
ratio (SNR) > 100 was measured in 𝑏0 images. The signal-b curve of each pixel was 
fitted with the MCF function, and 𝑓𝑐𝑜𝑛𝑠𝑡 and 𝐴𝐷𝐶  maps were obtained from a 2-mm-thick 
slice at the level of the C3-C4 vertebrae. The DW images (𝑏0 and 𝑏𝑚𝑎𝑥) and MCF 
parameter maps (𝑓𝑐𝑜𝑛𝑠𝑡 and 𝐴𝐷𝐶) obtained in the UHB-rDWI are shown in Figure 3.4a. 
Typical signal-b curves obtained from a pixel of WM for three sets measurements are 
shown in Figure 3.4b. The MCF of the signal-b curves obtained from the WM pixel 
(Figure 3.4b) estimated the values of the 𝑓𝑐𝑜𝑛𝑠𝑡 as 0.32 ± 0.05, 0.29 ± 0.05, and 0.32 ± 
0.06 and the values of 𝐴𝐷𝐶 as (0.16 ± 0.01) ×10-3 mm2/s, (0.16 ± 0.01) ×10-3 mm2/s, 






Figure 3.4: Ex vivo UHB-rDWI: (a) DW images with b0 (first row), DW images with 
bmax (second row), fconst maps (third row), and ADC maps (fourth row) for three different 
measurements M1 (first column), M2 (second column), and M3 (third column). (b) 
Typical signal-b curves from a pixel of WM for the different sets of the imaging 
parameters given in Table 3.2. The dashed line in (b) is the MCF of the signal-b curve 
obtained for the measurement M1. 
 
 Discussion 
The MCS predicted that the radial DW signal remains almost constant 
(monoexponential decay rate 0.22 ×10-5 mm2/s) for the IA space. The signal decay rate 
for the IA space is negligible compared to the signal decay rate 0.15 ×10-3 mm2/s for the 
EA space. Therefore, the signal from the IA space has been considered as almost constant 
with respect to the b-value. In a region where the b-value is greater than 20,000 s/mm2 
(the UHB region), the total signal is mainly from the IA space and is almost constant. The 
maximum radial displacement of molecules in the IA space is limited by the diameters of 
the axons, no matter how long the diffusion time is allowed. As a result, the applied 
radial DW gradient (strength < 40 mT/m) does not create enough phased dispersion 
between spins confined inside a smaller axon (diameter < 4 μm), which is required for the 





ms, and 𝐷 = 0.5 × 10-3 mm2/s, approximately 2% radial DW signal loss has been 
calculated for an impermeable cylinder of diameter (2𝑅) 4 μm using Neuman’s formula 
(89): ln(𝑆/𝑆0) ≅ 7(𝛾𝐺𝐷)
2𝑅4 × 2𝛿/96𝐷. In the MCS, nearly 7% signal loss was 
observed from the IA space, which may be due to the presence of bigger axons in the 
LMI (Figure 3.1b). Most axons in the LMI are not circular in cross-section; therefore, the 
diameter of the axon measured only along the DW field gradient direction (left-right) 
represents the size of the restriction. The signal from the IA space may decay with b-
value when a very high DW gradient strength (~1,000 mT/m) is used. This is because 
even a small molecular displacement will be sufficient to create enough phase dispersion 
in the presence of very high DW gradient strength. Use of the very high DW gradient 
strength (1,000 −1,400 mT/m) can be found in a bovine optic nerve experiment (52) and 
in a simulation of water diffusion inside a cylinder (40). Therefore, higher b-value with 
lower gradient strength and shorter 𝛿 (longer Δ) is preferred to get a constant signal from 
the IA space. The MCF of a signal-b curve obtained in the MCS estimated the values of 
𝑓𝑐𝑜𝑛𝑠𝑡 and ADC as 0.33 ± 0.03 and (0.17 ± 0.03) ×10
-3 mm2/s, respectively. The 
estimated constant fraction agreed well with the fraction of the IA space (0.32) measured 
from the LMI (Figure 3.1b) when the myelin space is neglected. In the UHB-rDWI 
measurements, a MCF of the signal-b curve obtained from a WM pixel estimated the 
values of 𝑓𝑐𝑜𝑛𝑠𝑡 and ADC of decaying fraction as 0.32 ± 0.05 and (0.16 ± 0.01) ×10
-3 
mm2/s, respectively, for the set M1, which agreed well with the results of the MCS. 
Almost similar decaying patterns of the signal-b curves were observed in all three 
measurements (M1, M2, and M3, Figure 3.4b), which agreed well with the findings of 





The physical environment within a biological sample is very heterogeneous, and a 
two- compartment model is too simplified; however, it does not violate common sense if 
the WM space is divided into two compartments for the radial diffusion: (i) “restricted 
space” mainly composed of the IA space and (ii) “hindered space” composed of EA 
space, astrocytes, oligodendrocytes, and immune cells in pathologic cord. The validity of 
this model is that axons are surrounded by several tens of lipid bilayers (myelin), of 
which one side of this bilayer is hydrophobic. The lipid bilayers completely block the 
exchange of water molecules between the IA space and myelin/EA space. The majority 
of the hindered space is covered by the EA space, and the diffusion in all hindered spaces 
is assumed to be same as in the EA space. If there were a restricted space other than IA 
space, for instance, a restricted space formed by astrocytes and oligodendrocytes, the 
signal measured in the UHB region should have similar values for both the radial and 
axial DWI as the restricted space formed by the astrocytes and oligodendrocytes provides 
equal restriction in both radial and axial diffusive motion. The axial and radial signal-b 
curves measured from a WM and GM pixels are shown in Figure 3.5. Anisotropic 
diffusion observed in WM in the UHB region supports the argument that the restricted 
signal is mainly from the IA space. Isotropic diffusion observed in GM shows the 
presence of similar restrictions both in radial and axial directions. 
Since the hindered space, which is composed of EA space, astrocytes, and 
oligodendrocytes, is too complicated to be modeled by a simple geometry, it is 
convenient to interpret the DW signal after suppressing the signal from the hindered 
space by applying a sufficiently high diffusion-weighting. After the suppression of the 







Figure 3.5: Experimental signal-b curves for axial and radial DWI in (a) WM and (b) 
GM. The axial DW signal in WM quickly decays to noise level, indicating almost no 
barrier, but in the GM, the slow-decaying axial signal indicates the existence of some 
restrictions even along the axial direction. 
 
(IA space). The integrity and intactness of the axons may be characterized by assessing 
the signal purely from the IA space. The restricted signal (𝑓𝑐𝑜𝑛𝑠𝑡) may represent the intra-
axonal fraction (IAF); however, the value of 𝑓𝑐𝑜𝑛𝑠𝑡 may deviate from the actual IAF if 
different values of T2 exist in two different spaces: restricted and hindered spaces.  
The signal behavior in the UHB region may be affected by the application of 
imperfect radial DW gradients with respect to fibers, the presence of the orientational 
(angular) fiber dispersion within a voxel, and the existence of the exchange of water 
molecules between IA, EA, and myelin spaces. The effect of an imperfect radial DW 
gradient may be corrected by measuring the angle between fibers and the applied gradient 
field using conventional diffusion tensor imaging (DTI). To our knowledge, the value of 
angular fiber dispersion in the CSC-WM has not been reported in the literature; however, 
the value of the orientation dispersion index (ODI) has been reported as 0.03 using the 
NODDI model (103), which is much smaller than the ODI value 0.14 reported for a 
corpus callosum-body (104). The ODI has been considered as a measure of the angular 





callosum-body has been reported as 18.1° (105). Since the ODI of CSC-WM is nearly 
one-fifth of the ODI of corpus callosum-body, the angular fiber dispersion of the CSC-
WM may be estimated as 3−4°, one-fifth of the angular dispersion of the corpus 
callosum. The effect of such a smaller angular dispersion may not be significant in the 
UHB region. The exchange effect may also be evaluated by assessing the remaining 
signal in the UHB region for different diffusion times (~TMs) as described in (106–109). 
These previous studies applied the “diffusion filter” to attenuate the signal from the fast-
diffusing compartment (EA space), which is not required in the present study as the 
signal from the EA space is almost suppressed in the UHB region. In the present study, 
the angle between fibers and applied DW gradient was measured using conventional DTI. 
The DW gradient was found to be perpendicular to the fibers within the range of 5°, 
which does not significantly change the value of restricted fraction and decaying pattern 
of the signal-b curve in the UHB region (see Figure 3.3a). If there were an exchange of 
water molecules between IA and EA spaces, a lower value of 𝑓𝑐𝑜𝑛𝑠𝑡 would be anticipated 
in M2 (TM = 450 ms) compared with M3 ( TM = 225 ms), as predicted by the MCS. The 
UHB-rDWI estimated a 9% smaller value of 𝑓𝑐𝑜𝑛𝑠𝑡 in M2 than in M3. Minor effects of 
exchange may be observed due to exchange of molecules via the nodes of Ranvier. The 
fitting parameters of the signal-b curves were not significantly different for different 
values of TM (TM = 27−219 ms and 𝑏𝑚𝑎𝑥 = 28,000 s/mm
2) in the DWI study of the 
human brain in vivo (77), this finding also supports the fact that the exchange of 
molecules between IA and EA spaces in WM is not significantly high.    
In vivo application of this technique is feasible but not as easy as ex vivo 





deeper location of the CSC from the skin. The diffusion coefficient is generally three 
times faster in the in vivo tissue than in the ex vivo, which greatly reduced the high b-
value to 10,000 s/mm2 needed  to suppress the signal from hindered space (110). In vivo 
human spinal cord imaging with the maximum b-value of 14,000 s/mm2 (78) and 7,300 
s/mm2 (94) have already been reported, which demonstrates the possibility of the in vivo 
application of this technique. 
 
 Conclusions 
Based on the MCS, we conclude that the radial DW signal from the hindered 
space can be suppressed when b-value is sufficiently high (~ 20,000 s/mm2 in our 
specimen), and the radial DW signal from the IA space remains almost constant 
independent of the b-value provided that the water molecules do not exchange between 
IA, myelin, and EA spaces. Axial and radial DWI of the ex vivo spinal cord excluded the 
possibility of restricted space in WM other than IA space. The signal measured in the 
UHB region is mostly from the restricted space, i.e., IA space. Integrity and intactness of 
the axons in WM can be evaluated by assessing the signal in the UHB region. The 
fraction of restricted water and the decay rate of the signal-b curve in the UHB region are 
the two essential biomarkers for the characterization of the WM. Both biomarkers can be 
affected by the application of a nonperfect radial diffusion gradient, the presence of the 
angular dispersion within a voxel, and the existence of the exchange of molecules 







4 EIGHT-CHANNEL DECOUPLED ARRAY FOR CERVICAL 
 SPINAL CORD IMAGING AT 3T: SIX-CHANNEL 
 POSTERIOR AND TWO-CHANNEL  
ANTERIOR ARRAY COIL 
 
This chapter is adapted from a pper entitled “Eight-channel decoupled array for 
cervical spinal cord imaging at 3T: six-channel posterior and two-channel anterior array 
coil”authored by Nabraj Sapkota, Bijaya Thapa, YouJung Lee, Taeho Kim, Erica F. 
Bisson, Lubdha M. Shah, John W. Rose, and Eun-Kee Jeong. The paper has been 
published online in the journal Concepts in Magnetic Resonance Part B in August 2016. 
 
 Abstract 
The purpose of this study was to develop a dedicated high signal-to-noise ratio 
(SNR) radio frequency coil for cervical spinal cord (CSC) imaging without using the 
preamp decoupling technique. A novel eight-channel CSC array was constructed using a 
butterfly, loop (circular), and rectangular elements. The adjacent elements were 
decoupled by critical geometrical overlapping, and most nonadjacent elements were 
decoupled using loop and butterfly elements. The performance of the proposed CSC coil 





neck and spine array) at 3T MRI system in 𝑇2-weighted images, diffusion tensor images, 
and ultrahigh-b diffusion-weighted images. In 𝑇2-weighted images, the SNR 
improvement of the eight-channel CSC coil was 1.4−2.0 times over the manufacturer’s 
coil at the different levels of the CSC vertebrae. Higher contrast between white matter 
and gray matter was observed in the diffusion-weighted (𝑏 = 500 s/mm2) images and the 
fractional anisotropy maps obtained using the eight-channel CSC coil compared with the 
manufacturer’s coil. The eight-channel CSC coil yielded 2.0 times higher SNR compared 
with the manufacturer’s coil from the white matter region of the ultrahigh-b (𝑏 = 7348 
s/mm2) radial diffusion-weighted images. 
 
 Introduction 
Magnetic resonance imaging (MRI) is routinely used for cervical spinal cord 
(CSC) imaging because of its high soft-tissue contrast and noninvasiveness; however, the 
conventional MRI techniques such as T1- and T2-weighted imaging, in general, do not 
detect the pathologic changes in early stages (111). It is also almost impossible to 
distinguish between neuronal structures and interstitial parenchymal tissues using 
conventional MRI techniques (5). Advanced MR imaging techniques such as diffusion-
weighted imaging (DWI) (112) and diffusion tensor imaging (DTI) (113,114) have been 
emerging as potential techniques to detect the subtle lesions of the CSC in the earliest 
stages. The technical challenge for imaging of the CSC using advanced MRI methods is 
the low signal-to-noise ratio (SNR) from the small cross-section of the cord (115). 
The receive-only array has been used since its development by Roemer et al. (55) 





parallel imaging (116,117). The imaging field-of-view (FOV) can be enlarged by 
increasing the number of coil elements. However, an increase in the number of elements 
will increase the complexities in the design and construction of an array (55). One of the 
most difficult tasks in an array design is to eliminate the coupling between elements. The 
commonly used methods to reduce the coupling between the elements are geometrical 
and electrical decoupling (118,119). Two adjacent elements in an array are decoupled by 
the critical geometrical overlapping, while the decoupling of nonadjacent elements is 
challenging. The widely used technique to minimize the coupling between nonadjacent 
elements is preamp decoupling using low-input impedance preamplifiers (55,67). 
However, the preamp decoupling technique increases the complexities in array design 
because the low-input impedance preamplifiers are not ubiquitous (120). This technique 
also requires a special deactivation circuit at the desired frequency formed by a parallel 
capacitor and a series inductor as a matching network, which always adds extra 
complexity in matching. In addition, the preamp decoupling technique complicates the 
parallel transmission, which is usually required in ultrahigh-field MRI systems (≥ 7T) 
(121). Another problem associated with a multielements array is that the number of 
elements in an array is, in general, increased by decreasing the size of the elements from 
their optimal size. The SNR of superficial tissues increases with increase in a number of 
elements but not necessarily of the deeper tissues (122), such as a CSC, which is located 
at about 5−7 cm depth from the skin in a typical adult neck. 
Although the receive-only array was first developed for CSC imaging, not much 
work has been done for the design and development of the CSC dedicated array. 





systems (123–128). These include a 4-channel planar array for T- and L-spine (127), an 
8-channel array for CSC (126), a 16-channel array for the head and neck (124), a 16-
channel SENSE optimized array for CSC (125), a 32-channel array optimized for brain 
and CSC (128), and a 64-channel array for head/neck/CSC (123). With the increasing 
interest in the higher field, in the past few years, there have been a few CSC array designs 
proposed for the 7T MRI systems as well (129–133). The coil designs for the higher field 
include a 4-channel array for the CSC (131), an 8-channel array for the entire vertebral 
column (132), a 19-channel array for the CSC (133), and a 22-channel array with the 
elements wrapping around the neck (129). All these previous designs rely on the preamp 
decoupling to reduce the coupling between nonadjacent elements. Keren (120) has 
patented an array design composed of periodically arranged two square elements 
followed by two butterfly elements so that the coupling between nonadjacent elements 
(square-butterfly) was negligible. The disadvantage of this design is that the butterfly 
element has less penetration depth compared with the similar-sized circular/square 
element and, hence, the array may suffer from low SNR.  
In this work, we present a novel array design for CSC imaging in which the 
couplings between adjacent as well as nonadjacent elements are reduced by overlapping 
the elements critically and by choosing the circular and butterfly-shaped elements, 
respectively. The number of elements in the proposed array is increased by maintaining 
the optimal size of each element. The proposed decoupled array is constructed based on 
the naturally decoupled array designs (134,135). Because most nonadjacent elements are 
decoupled using the loop and butterfly elements, the preamp decoupling technique is not 






4.3.1 Mutual Induction and Decoupling 
The coupling (flux linkage) between two elements is determined by the mutual 
induction between them. The mutual induction Mij between the coils 𝑖 and 𝑗 can be 
calculated using the equation (55) 
 








where 𝑑𝒔𝒊 and 𝑑𝒔𝒋 are the vector length elements of the coils 𝑖 and 𝑗, respectively. |𝒓𝑖 −
𝒓𝑗| is the distance between the length elements 𝑑𝒔𝒊 on coil 𝑖 and 𝑑𝒔𝒋 on coil 𝑗.  
The loop and butterfly elements used in the proposed array are depicted in Figure 
4.1a. These elements are in the xz-plane at y = 0. The loop element of diameter 𝐷 = 10 
cm and the butterfly element of size 10 cm × 20 cm (the long axis of the butterfly 
element is perpendicular to the static field 𝐵0) are chosen for the mutual induction 
calculation. The magnetic couplings (Mij) of loop-loop, butterfly-butterfly, and loop-
butterfly pairs, which were calculated using Eq. [4.1], are shown in Figure 4.1b. For the 
two loop elements of diameter 10 cm, the coupling is found to be minimum when their 
centers are separated by 7.6 cm, which agrees well with the reported value of 7.5 cm  
(55). Similarly, the mutual inductance between two butterfly elements of size 10 cm × 20 
cm becomes minimal when their centers are 9.2 cm apart. The mutual inductance 
between the loop and butterfly elements is almost negligible and is independent of the 
distance between their centers along z-axis provided that the x-coordinate for the center 
of both elements is same. The negligible coupling between a loop and butterfly element 






Figure 4.1: (a) Outline of a loop and butterfly elements. (b) Mutual induction (𝑀𝑖𝑗) 
between two elements of a butterfly-butterfly (B-B), loop-butterfly (C-B), and loop-loop 
(C-C) pairs with respect to the distance between their centers along z-axis (𝐵0 direction). 
(c) Outline of a six-channel posterior array made of three loop-butterfly pairs. 
 
An outline of a six-channel posterior array proposed in this work is shown in 
Figure 4.1c. The coupling of the adjacent loop-loop and butterfly-butterfly pairs is 
minimized by the critical geometrical overlapping. The adjacent and nonadjacent loop-
butterfly pairs couple very lightly because of the orthogonal nature of the magnetic field 
between them (72). The coupling of the nonadjacent loop-loop (𝐶1 − 𝐶3 ) and butterfly-
butterfly pairs (𝐵1 − 𝐵3) is also negligible because the elements of each pair are far 
away from each other. The two-channel anterior array (not shown in figure) is simply 
made of a butterfly and coaxial rectangular elements and their coupling is also minimal 
because of the orthogonal nature of the magnetic field between them. 
The preamp decoupling is required when the coupling between the nonadjacent 
elements is significant. In the proposed array design, the coupling between the 





decoupling technique and allows us to use the 50 Ω preamplifiers. The array can be 
extended to any number of channels to increase SNR as well as FOV; however, the 
extension must be applied along the 𝐵0 direction (z-axis of the Figure 4.1c). 
 
4.3.2 Coil Sensitivity  
A pair of coaxial loop and butterfly elements, shown in Figure 4.2a, can be 
considered as a unit block in the proposed array design. In a conventional CSC array 
design, two loop/rectangular elements, shown in Figure 4.2b, are overlapped sidewise 
(126,127,131). Therefore, a loop-loop pair overlapped sidewise can be considered as a 
unit block in the conventional design. To compare the sensitivity of the proposed design 
with the conventional design, it is fair to compare the sensitivity of the unit block from 
both designs, i.e., a pair of coaxial loop-butterfly elements in the proposed design and a 
pair of loop-loop elements overlapped sidewise in the conventional design. 
The signal induced in a coil by the precessing transverse magnetization of a 
sample is proportional to the imaginary transverse component (𝐵1) of the magnetic field 
produced on the sample by the coil with unit DC current (136). Therefore, the sensitivity 
of each element is determined by the strength of the 𝐵1-field generated on the sample by 
the element with unit DC current. The 𝐵1-field is calculated using the Biot-Savart’s law 
(66). The array sensitivity is obtained by combining the sensitives of all the elements 
using the square root of the sum-of-squares (SOS) method (55). The sensitivities of the 
unit blocks of the proposed and conventional designs are shown Figure 4.2c and d, 
respectively. Similar coil sensitivities were observed between the conventional loop-loop 






Figure 4.2: Outline of a unit block of the (a) proposed array shown in Figure 4.1c and (b) 
conventional array (15,20,19). (c)- (d) 𝐵1-field maps (FOV = 20 cm × 20 cm) at a 
distance of 6 cm from the plane of the unit blocks (a) and (b), respectively. The loop 
element of diameter 10 𝑐𝑚 and the butterfly element of size 10 cm × 20 cm were used 
for the 𝐵1-field calculation. The same scale is used in both (c) and (d). 
 
4.3.3 Coil Former 
 Anterior and posterior formers with the coil elements on each former are shown 
in Figure 4.3a and b. The formers were modeled on average-sized human-neck mold to 
increase the filling factor by minimizing the distance between the coil and CSC. The 
formers were made of fiberglass cloth (917, Evercoat, OH, USA), epoxy (105 part 1, 
West System, MI, USA), and hardener (206 part 2, West System, MI, USA). The interior 







Figure 4.3: Photographs- Layout of the (a) six-channel posterior array and (b) two-
channel anterior array. (c) Neck-shaped phantom. The coil former fits well to the 
average-sized human neck. 
 
4.3.4 Phantom Construction 
A neck-shaped phantom, shown in Figure 4.3c, was constructed from the 
fiberglass, epoxy, and hardener using the same posterior human-neck mold that was used 
to construct the posterior coil former. The phantom was filled with saline, doped with 0.1 
𝑚𝑀 MnCl2. 
 
4.3.5 Coil Construction 
 The human CSC runs along the middle of the neck (5 −7 cm deep from the 
surface) between the C1-C7 vertebrae. A layout of the posterior array, which mainly 
covers the CSC, and consists of six elements (three loop and three butterfly elements) 
arranged on the curved surface of the posterior former is shown in Figure 4.3a. In a 
planar geometry, a loop element with diameter and square butterfly element with square 
side length equal to the depth of interest are considered as optimal sizes (57,66,72,126). 





diameter of the loop element increases on a cylindrical surface, compared with that on a 
planar surface (126). Therefore, loop elements of diameter about 10 cm and butterfly 
elements of size about 10 cm × 20 cm were chosen to contruct the elements of the CSC 
coil. Magnet wires of 14- and 16-gauges were chosen for the loop and butterfly elements, 
respectively. Thicker wire (smaller gauge) was chosen for the loop elements because it 
provides lower AC resistance compared with thinner wire (higher gauge); however, 
thinner wire was the choice for the butterfly elements to facilitate easy bending at the 
time of geometrical decoupling. The long axis of the butterfly element was wrapped 
around the former and the short axis was parallel to the 𝐵0 field. The adjacent loop-loop 
and butterfly–butterfly pairs were overlapped in such a way that their coupling was 
minimal. The loop and butterfly elements were placed in such a way that their centers 
were collinear along the z-axis. The anterior array consists of a 7 cm × 25 cm butterfly 
and 7 cm × 20 cm rectangular elements, arranged co-axially on the curved surface of the 
anterior former as shown in Figure 4.3b. The smaller width of the anterior former and 
coil elements were chosen to fit the former on the human front neck. Both elements of the 
anterior array were made of 16-gauge magnet wire. The posterior array covers the spinal 
cord from the brain stem down to the T3 vertebra and the anterior array covers C3-C7 
vertebrae. The critical overlapping area of the adjacent elements on the curved surface 
slightly deviates from that calculated on the planar layout. As a result, the shape and size 
of the elements arranged on the curved former (Figure 4.3a) are slightly deformed from 
the shape and size of the elements arranged on the planar surface (Figure 4.1c).  
A circuit schematic diagram for an individual element of the CSC array is shown 






Figure 4.4: Circuit schematic diagram for an element of the CSC coil. 
 
elements, 6−8 segments for the butterfly and rectangular elements, and 12 segments for 
the anterior butterfly element. The tuning of each element was carried out by adjusting a 
variable tuning capacitor 𝐶𝑡 (20−40 pF); a parallel combination of a fixed capacitor 
(American Technical Ceramics, NY, USA) and a trimmer capacitor (Sprague-Goodman 
Electronics, NY, USA). The matching of each element was performed by adjusting a 
matching capacitor 𝐶𝑚 (30−60 pF); a parallel combination of a fixed and trimmer 
capacitors; and a matching hand-wound inductor 𝐿𝑚 (3−4 turns). Each individual 
element was equipped with the active and passive detuning circuits composed of standard 
parallel LC resonant circuit. At the resonance frequency, the parallel LC-circuit ideally 
poses infinite input impedance and the circuit is equivalent to an open-circuit (19). When 
the active trap is activated by forward biasing the PIN diode 𝐷1 (MA4P7104F, MACOM 
Technology Solutions Inc., CA, USA) using 100 mA DC current from the MRI scanner, 
the 𝐿𝑚 and 𝐶𝑚 of the trap would form a parallel LC circuit, which deactivates the 
element by creating an equivalent open circuit at the coil input terminals. In contrast, the 
passive trap, composed of crossed-switching diodes 𝐷2 (MX51363-145, Voltronics, MD, 





deactivate a coil during the transmission of radiofrequency (RF) pulses, the coil picks up 
very high transmit power and high current flows through the coil, which shorts the 
crossed-diode 𝐷2. As a result, the hand-wound inductor 𝐿 (5-7 turns) and the fixed 
capacitor 𝐶 (20−30 pF) of the passive trap form a parallel LC circuit, which creates a 
virtual open circuit across the capacitor 𝐶 (137). A cable trap (balun) consisting of a 
parallel capacitor (fixed, 27 pF) and a series hand-wound inductor made of semi-rigid 
coaxial cable (4 turns; UT-070, Microstock, PA, USA) was placed between the coil 
element and the preamplifier to reduce common mode current. The balun, a parallel LC 
circuit resonating at the proton frequency, provides very high impedance for the common 
mode current flowing through the outer cable shield and negligible impedance to the 
signal current flowing in the differential mode (68). Each coil element in the array was 
connected to a 50 Ω preamplifier (24 dB gain, 0.5 dB noise figures; P123VDG NMR, 
Advanced Receiver Research, CT, USA) with 20-30 cm cables (B7805R, type RG-174, 
Belden, MO, USA). The DC bias path, which allows the DC current to flow but blocks 
signal current, is composed of several series inductors (820 nH; CW252016-R82J, 
Bourns, CA, USA) and a PIN diode.  
 
4.3.6 Coil Testing on Bench 
The ratio of the unloaded and loaded (with phantom) quality factor Q-ratio was 
measured by connecting lightly coupled double loop probes to the two ports of a network 
analyzer (Agilent Technologies, CO, USA). The tuning, matching, active and passive 
detuning, and adjacent elements decoupling of each coil element was performed with the 





elements were evaluated by looking into each coil element via the network analyzer with 
all other coils overlapping. The performance of the active and passive detuning circuits 
was evaluated by measuring the decrease in transmission parameter (𝑆21) using a lightly 
coupled double loop probe before and after the 100 mA DC current supplied into the coil 
element. The coupling between two elements was measured by connecting two elements 
to the two ports of the network analyzer, and by measuring the 𝑆21 parameter. All 
measurements were carried out by actively detuning the unused elements by supplying 
100 mA DC current from the DC power supply (HY 3005F-3, Mastech, CA, USA). 
 
4.3.7 Imaging Experiments 
The CSC coil was tested on a Siemens 3T MRI system (Trio, Siemens Medical 
Solutions, Erlangen, Germany). Initial evaluation of the CSC coil was performed on a 
neck-shaped phantom using a gradient-echo (GRE) sequence with 𝑇𝑅 = 400 ms, 𝑇𝐸 = 
10 ms, flip angle = 25°, in-plane resolution = 2 mm ×2 mm, slice thickness = 2 mm, 
FOV read = 256 mm, FOV phase = 192 mm, acquisition matrix = 128 × 96, number of 
average = 2, and acquisition time = 3 min 15 s. The noise only data were also obtained 
by setting RF pulse amplitude to zero for the calculation of the noise correlation matrix 
and the SNR map. After obtaining approval from the Institutional Review Board and 
informed consent from a healthy volunteer, in vivo imaging of a volunteer was 
conducted. 𝑇2-weighted images were acquired in the axial plane (𝑇𝑅/𝑇𝐸 = 4 s/95 ms, 
FOV read/phase = 140 mm/140 mm, scan time = 4 min 10 s, number of slice = 30, and 
acquisition resolution = 0.68 mm × 0.55 mm × 4.0 mm) and in the sagittal plane 





number of slice = 12, number of average = 2, and acquisition resolution = 0.92 mm × 
0.69 mm × 3.0 mm) using a turbo spin-echo (TSE). Axial diffusion tensor images 
(𝑇𝑅/𝑇𝐸 = 4 s/85 ms, FOV read/phase = 128 mm/44 mm, scan time = 3 min 32 s, 
number of slice = 12, number of average = 4, and acquisition resolution = 1.0 mm × 1.0 
mm × 4.0 mm) were acquired using two-dimensional reduced-FOV single-shot 
diffusion-weighted EPI (2D ss-rFOV-DWEPI) sequence (138) with 12 diffusion-
encoding directions and b-value 500 s/mm2. Axial ultrahigh-b radial diffusion-weighted 
(DW) images (𝑇𝑅/𝑇𝐸 = 3 s/64 ms, FOV read/phase = 128 mm/44 mm, scan time = 6 
min 19 s, number of slice = 21, number of average = 6, and acquisition resolution = 1.0 
mm × 1.0 mm × 4.0 mm), i.e., the DW images with the diffusion-weighting 
perpendicular to the fiber axis, were acquired using two-dimensional single-shot 
diffusion-weighted stimulated EPI with reduced-FOV (2D ss-DWSTEPI-rFOV) 
technique (94). The noise only data for the in vivo SNR calculation were also acquired 
with turbo spin-echo in the sagittal plane. 
 
4.3.8 Noise Correlation Matrix and SNR Calculations  
Raw measurement data from the imaging and separate noise only experiments 
were retrieved from the raw data database for the SNR calculation and noise correlation 
matrix calculation. The noise correlation matrix was calculated from the noise only data 
as described by Hayes et al. (139). The SNR of an individual channel was calculated by 
dividing the complex imaging data by the standard deviation of the noise only data. The 
array SNR was obtained by combining the SNR of all the channels using the square root 





The SNR of an array depends on the distance of the tissue being imaged from the 
array. Generally, the closer the tissue is to the coil the better the SNR is. Therefore, in the 
present study, a region of interest (ROI) was carefully chosen so that the SNR value best 
reflects the performance of the coil at the level of the CSC. In the phantom sagittal 
imaging, the ROI was drawn at a distance of 5−6 cm from the surface of the coil, which 
is similar to the distance of the average human CSC from the surface of the skin. The 
performance of the CSC coil was compared with the manufacturer’s coil by assessing the 
SNR from the ROIs drawn at the center of the CSC in the axial 𝑇2-weighted images.  
 
 Results 
4.4.1 Coil Testing on Bench  
The ratio of unloaded and loaded Q (Q-ratio) was approximately 5 for all 
elements of the six-channel posterior array and approximately 3 for both elements of the 
two-channel anterior array. The active and passive detuning provided similar isolation 
less than −25 dB between resonating and detuned (100 mA DC current supplied) states 
for all channels. The coupling between elements of the six-channel posterior array is 
presented in Table 4.1. The 𝑆21 values of the adjacent loop-loop and butterfly-butterfly 
pairs were measured within the range −20 ~ −16 dB and the 𝑆21 measurements were 
−16 dB, −35 dB, and −26 dB for the nonadjacent 𝐶1 − 𝐶3, 𝐶1 − 𝐵3, and 𝐵1 − 𝐵3 
pairs, respectively. As predicted by the mutual inductance calculation, the coupling 
between the loop-butterfly pair was negligible (𝑆21 value was in the range −19 ~ −36 
dB with average value −28 ± 3 dB). The isolation between butterfly and rectangular 





Table 4.1: Isolation (𝑆21) in dB between a pair of elements in the CSC array. 
Coil  𝑪𝟐 𝑪𝟑 𝑩𝟏 𝑩𝟐 𝑩𝟑 
𝑪𝟏 −20 −16 −36 −29 −35 
𝑪𝟐  −19 −22 −25 −20 
𝑪𝟑   −26 −26 −22 
𝑩𝟏    −20 −28 
𝑩𝟐     −16 
 
4.4.2 Phantom Experiments 
The CSC coil was first evaluated on a neck-shaped phantom with GRE sequence. 
The noise correlation matrix and SNR map, which were calculated on the phantom using 
the CSC coil, are shown in Figure 4.5a and b. The maximum and average off-diagonal 
noise correlation values were calculated, respectively, as 9.5% and 2.0%. The mean value 
of the SNR measured in the ROI located around the depth of the spinal cord (Figure 4.5b) 
was found as 81 ± 19.  
 
4.4.3 In Vivo T2−Weighted Imaging Experiments 
After the successful testing of the coil on the phantom, the CSC coil was used to 
acquire the axial and sagittal T2-weighted images of the human CSC. The sagittal and 
axial T2-weighted images and the SNR maps obtained from a healthy volunteer are, 
respectively, shown in Figure 4.6 and Figure 4.7, using both the CSC and manufacturer’s 
coils. The values of SNR from the ROIs, which are shown in axial images of Figure 4.6a, 
were measured as 17.5 ± 2.0, 20.0 ± 3.0, 18.3 ± 2.1, 19.8 ± 2.2, and 22.4 ± 1.8 at C1-
C2, C3, C4, C5, and C6 vertebrae, respectively, using the CSC coil. Corresponding SNR 
values were measured as 11.1 ± 1.5, 13.6 ± 1.7, 9.8 ± 1.2, 12.3 ± 1.3, and 16.0 ± 1.4 






Figure 4.5: Phantom imaging: (a) noise correlation matrix and (b) SNR map of the saline 
phantom obtained using the CSC coil. The average off-diagonal of the noise matrix was 
calculated as 2.0%. 
 
 
Figure 4.6: 𝑇2-weighted imaging: sagittal and axial images of the spinal cord from a 
volunteer using (a) the CSC coil and (b) the manufacturer’s coil (Siemens head, neck, and 
spine arrays). The locations of the axial slices are shown by the arrows of (a). The black 
circles in the axial images of (a) are the ROIs drawn for the SNR measurements. The 






Figure 4.7: 𝑇2-weighted imaging: sagittal and axial SNR maps of the spinal cord from a 
volunteer using (a) the CSC coil and (b) the manufacturer’s coil array (Siemens’ head, 
neck, and spine array). The locations of the axial slices are shown by the arrows in the 
Figure 4.6(a). The same scale is used for all the images. 
 
4.4.4 In Vivo DTI and Ultrahigh-b Radial DWI Experiments 
The source images of DTI with b = 0 s/mm2 and b = 500 s/mm2 and the fractional 
anisotropy (FA) maps calculated from the DW images with 12 diffusion-encoding 
directions using both the CSC and manufacturer’s coils are shown in Figure 4.8a and b. 
Higher contrast between the white matter and gray matter was observed in the DW 
images (𝑏 = 500 s/mm2) and the FA maps obtained using the CSC coil compared with 
the manufacturer’s coil. 
The ultrahigh-b (b = 573, 1702, 2832, 7348  s/mm2) radial DWI images of the 
CSC at C4 vertebra obtained using both the CSC and manufacturer’s coils are shown in 
Figure 4.9. The values of the SNR in the white matter region of the DW image (b = 7348 
s/mm2) were measured as 6.2 ± 2.5 and 3.2 ± 1.1, respectively, using the CSC and 






Figure 4.8: DTI: source images with 𝑏 = 0 s/mm2 and 𝑏 = 500 s/mm2, and FA maps 
using (a) the CSC coil and (b) the manufacturer’s coil. Black arrow in (a) is pointing to 
the gray matter structure. Axial slices correspond to C3 and C4 vertebrae. The same scale 
is used in each row. 
 
 
Figure 4.9: Ultrahigh-b radial DWI: Images for different b-values using (a) the CSC coil 
and (b) the manufacturer’s coil. The same scale is used in each row. 
 
 Discussion 
We presented an eight-channel CSC coil, which does not require preamp 
decoupling, for the imaging of the human cervical spinal cord. The adjacent elements of 
the six-channel posterior array were geometrically decoupled and most nonadjacent 
elements were decoupled using the loop and butterfly elements. The largest coupling 
between the nonadjacent elements of the posterior array was −16 dB (𝐶1 − 𝐶3). The 





elements in a receive-only array (67). The similar sensitivity map between the 
conventional loop-loop pair and the proposed loop-butterfly pair suggests the comparable 
performance of the proposed design compared with the conventional design. However, 
the conventional design requires a complicated matching circuit and an extra phase 
shifting circuit. The Q-ratio of the anterior elements was lower than posterior elements 
because the anterior elements do not fit closely to the anterior part of the neck, and hence, 
there is less loading effect. The anterior frame was intentionally kept a little far away (~ 
2−4 cm) for the subject’s comfort. The elements of the noise correlation matrix are 
smaller than 9.5% in the phantom experiment, which demonstrated that the elements in 
the CSC coil are lightly coupled. In-vivo SNR improvement of the CSC coil was 1.4−2.0 
times over the manufacturer’s coil in the 𝑇2-weighted images at the different levels of the 
CSC vertebrae. 
DTI has emerged as a robust technique for the evaluation of a variety of spinal 
cord diseases; however, DTI of the spinal cord is problematic because of the small size of 
the cord and the large nonlinear local magnetic field inhomogeneity induced by the 
vertebrae (138). The recently developed acquisition techniques (94,138) reduce the 
distortion induced on the image caused by the local field inhomogeneity; however, these 
techniques always suffer from the low SNR of the CSC. Therefore, a high SNR CSC 
dedicated coil is required to use these techniques for the CSC imaging. Images with 
higher SNR and reduced distortion were obtained in the DTI of the CSC using the CSC 
coil compared with the manufacturer’s coil. The fraction of the restricted compartment in 
the white matter can be estimated using ultrahigh-b radial DWI which can be a biomarker 





the ultrahigh-b radial DWI was measured from the white matter region of the ultrahigh-b 
(𝑏 = 7348 s/mm2) DW images using the CSC coil compared with the manufacturer’s 
coil. Almost no signal was left in the gray matter region at the very high b-value (b = 
7348 s/mm2), therefore, the value of SNR was measured only from the white matter 
region. 
The eight-channel CSC coil covers the spinal cord from the brain stem down to 
T3-T5 vertebrae level, which is greater coverage compared with the C-spine covered by 
the 12-channel spine elements of the 32-channel head and spine array (128). The 
coverage can be extended further down by adding more elements along the cord. The 
design is not necessarily limited to the eight-channel, the number of elements can be 




An eight-channel CSC dedicated receive-only coil, which does not require 
preamp decoupling, was designed and tested on the bench. The coil was also validated on 
a neck-shaped phantom and demonstrated in healthy human CSC imaging. The novel 
CSC coil, without the preamp decoupling technique, greatly reduced the burden in an 
array design by using ubiquitous 50 Ω preamplifiers. The eight-channel CSC array does 
not require a phase shifter and cumbersome matching circuit as in the array that utilizes 
the preamp decoupling technique to reduce the coupling between the nonadjacent 
elements. The improved SNR of the new CSC coil provided superior 𝑇2-weighted images 





distortion and higher SNR were obtained in the DTI and ultrahigh-b radial DWI 
experiments using the new CSC coil. The number of channels in the array can be 












5 TWO-DIMENSIONAL SINGLE-SHOT DIFFUSION-WEIGHTED 
STIMULATED EPI WITH REDUCED FOV FOR ULTRA-  
HIGH-B RADIAL DIFFUSION-WEIGHTED 
 IMAGING OF SPINAL CORD 
 
This chapter is adapted from a paper entitled “Two-dimensional single-shot 
diffusion-weighted stimulated EPI with reduced FOV for ultrahigh-b radial diffusion-
weighted imaging of spinal cord”authored by Nabraj Sapkota, Xianfeng Shi, Lubdha M. 
Shah, Erica F. Bisson, John W. Rose, and Eun-Kee Jeong. The paper has been published 
online in the journal of Magnetic Resonance in Medicine (MRM) in June 2016. 
 
 Abstract 
High-resolution diffusion-weighted imaging (DWI) of the spinal cord (SC) is 
problematic because of the small cross-section of the SC and the large field 
inhomogeneity. Obtaining the ultrahigh-b DWI poses a further challenge. The purpose of 
the study was to design and validate 2D single-shot diffusion-weighted stimulated echo 
planar imaging with reduced field of view (2D ss-DWSTEPI-rFOV) for ultrahigh-b radial 
DWI (UHB-rDWI) of the SC. A novel time-efficient 2D ss-DWSTEPI-rFOV sequence 





obtained by using two slice-selective 90° radiofrequency pulses in the presence of the 
orthogonal slice selection gradients. The sequence was validated on a cylindrical 
phantom and demonstrated on SC imaging. Ultrahigh-b radial diffusion-weighted 
(𝑏𝑚𝑎𝑥 = 7,300 s/mm
2) images of the SC with greatly reduced distortion were obtained. 
The exponential plus constant fitting of the diffusion-decay curve estimated the constant 
fraction (restricted water fraction) as 0.36 ± 0.05 in the SC white matter. A novel 2D ss-
DWSTEPI-rFOV sequence has been designed and demonstrated for high-resolution 
UHB-rDWI of localized anatomic structures with significantly reduced distortion induced 
by nonlinear static field inhomogeneity. 
 
 Introduction 
Magnetic resonance imaging (MRI) is commonly used for spinal cord (SC) 
imaging because of its high soft-tissue contrast and noninvasiveness; however, the 
conventional MRI techniques such as 𝑇1- and 𝑇2-weighted imaging are generally unable 
to detect lesions in early stages (111). An advanced imaging technique, diffusion tensor 
imaging (DTI), has emerged as a robust technique for the evaluation of a variety of SC 
diseases such as multiple sclerosis (7,142) and SC injury (143). The axial and radial 
diffusivities obtained from the DTI have been increasingly utilized as potential surrogate 
measures of axon and myelin injuries. Unfortunately, the diffusivity measures derived 
from the DTI are not always consistent and successful at detecting abnormalities (7,8). 
Use of another advanced MRI technique, high-b diffusion-weighted imaging (DWI), has 
been evolving for neural tissue imaging because it provides enhanced contrast between 





(75,76). Ultrahigh-b radial DWI (UHB-rDWI), i.e., DWI with the ultrahigh-b diffusion-
weighting in the direction perpendicular to the fibers, can be used to estimate the 
restricted compartment in WM, which may be considered as a biomarker for the 
characterization of the WM (77,78). Our previous report (110), which was based on 
Monte Carlo simulation and UHB-rDWI experiments in ex vivo SC WM, demonstrated 
that the signal from restricted space (axonal) remains almost constant while signal from 
hindered space (outside of axons) decays with increasing b-value. The Monte Carlo 
simulation indicated that the total signal (sum of the signals from the restricted and 
hindered spaces) remains constant for b values greater than 5000 s/mm2 as the signal 
from the hindered space dies out completely at about 𝑏 = 5000 s/mm2. The constant 
signal measured in the ultrahigh-b region (𝑏 > 5000 s/mm2) may be used to characterize 
the WM. 
Although ultrahigh-b DWI of the SC can provide valuable information to evaluate 
WM, obtaining ultrahigh-b DWI with b-value greater than 5000 s/mm2 is challenging 
using the conventional diffusion-weighted spin echo (DWSE) acquisition technique. 
Because of the limited gradient strength in most clinical MRI systems, ultrahigh-b DWI 
requires long echo-time, 𝑇𝐸 (26). For instance, 𝑇𝐸 of 133 ms is required to achieve 𝑏 = 
4000 s/mm2 with gradient strength 40 mT/m using diffusion-weighted (DW) TRSE 
(twice-refocused spin-echo) (144) in our current whole-body MRI system. Therefore, 
DWSE imaging is not suitable for UHB-rDWI. To overcome the problem of the signal 
loss due to long 𝑇𝐸 in DWSE imaging, diffusion-weighted stimulated echo (DWSTE) 
imaging has been used (77,78,102) for UHB-rDWI. DWSTE imaging is especially suited 





cartilage (147). DWSTE imaging becomes more beneficial over DWSE imaging at higher 
field (> 3𝑇), because the 𝑇2 of water protons decreases and 𝑇1 increases as the field 
strength increases. Fixation of tissues further lowers the value of 𝑇2 (148) and decreases 
the diffusivity (100). Therefore, DWSTE may also be beneficial in ultrahigh-b DWI of 
ex-vivo tissue (52,149). DWSTE imaging is also essential where the validation of the 
short gradient pulse (SGP) approximation, i.e., short diffusion pulse and long diffusion 
time, is required, as in q-space (35) and AxCaliber (37) imaging.  
High-resolution DWI of the SC is problematic because of the small cross-section 
of the SC and the large field inhomogeneity in the static field (𝐵0) created by the 
magnetic susceptibility change at the tissue–bone interfaces (138). The field 
inhomogeneity induces distortion in the conventional 2D single-shot diffusion-weighted 
EPI (2D ss-DWEPI) images, and the distortion increases with increased in the spatial 
resolution. The distortion can be reduced by effectively reducing the field of view (FOV) 
in the phase-encoding direction, thereby reducing the off-resonance induced artefacts. 
However, reducing the FOV smaller than object size in the phase-encoding direction 
induces wraparound artefact in the image. To overcome this problem of wraparound 
artefact caused by reduced-phase FOV, several methods such as 2D radiofrequency (RF) 
excitation along with 180° refocusing (150), zoom-EPI (151), outer volume suppression 
(152), and double 180° refocusing along the phase-encoding direction (138) have been 
proposed for DWSE imaging. However, to our knowledge, no reduced-phase FOV 
technique has been implemented in DWSTE imaging. For reliable DWI of SC, the source 
DW images must also be free from motion-induced artefact, which requires a single-shot 





In this work, we present a novel time-efficient acquisition technique, two-
dimensional single-shot DW stimulated EPI with reduced-phase FOV (2D ss-DWSTEPI-
rFOV), which is based on the STE sequence proposed by Soellinger et al. (154) in their 
bound-pool water fraction measurement scheme. Further improvement on the previous 
design was made by grouping the slices into three interleaved groups. The variation in b-
value is obtained by varying the mixing time (𝑇𝑀), and hence, the diffusion time. The 
new sequence was validated on a cylindrical phantom and demonstrated on human 
cervical spinal cord (CSC) imaging. 
 
 Methods 
5.3.1 Pulse Sequence Description 
The schematic diagram of 2D ss-DWSTEPI-rFOV is shown in Figure 5.1a, which 
was described in detail by Jeong et al. (138). In brief, the reduced FOV in the phase-
encoding direction was obtained by using two slice-selective 90° RF pulses in the 
presence of the orthogonal slice selection gradients (𝐺𝑆𝑆) (155). The evolution of 
magnetization in the 2D ss-DWSTEPI-rFOV is depicted in Figure 5.1b. First, the 90𝑆𝑆
°  
RF pulse with the 𝐺𝑆𝑆 in the slice direction flips the longitudinal magnetization within the 
entire imaging volume to the transverse plane, and then the 90𝑃𝐸
°  RF pulse with the 𝐺𝑆𝑆 
in the phase-encoding direction prepares the magnetization from the entire slice but 
limited phase FOVs (light gray region in Figure 5.1b). After the 90𝑃𝐸
°  RF pulse, 
90𝑆1,
° 90𝑆4,
° … , 90𝑆19
°  RF pulses with the 𝐺𝑆𝑆 in the slice direction were applied at the 
different mixing times, respectively, to the slices 1, 4, …, 19 (dark gray region in Figure 






Figure 5.1:(a) Pulse-sequence diagram of 2D ss-DWSTEPI-rFOV. (b) Evolution of 
magnetization after each RF pulse. In (a), down-pointing arrows represent diffusion 
gradients GD and Δ1, Δ2, … , Δ7 represent seven diffusion times available for the slice 
permutation. The length of the arrow in (b) is arbitrary and does not represent the 
magnitude of magnetization. Imaging schemes for a group of seven slices among 21 total 
slices are shown.  
 
The slice ordering scheme is based on a technique that is used for measuring the 
bound-pool water fraction (154). The entire slices are divided into three interleaved 
groups as shown in Figure 5.2. The experiment is repeated 𝑛 times (number of slices per 
group) permuting the slice orders such that images from each slice are acquired for all 
𝑇𝑀𝑠. Generally, RF pulses (90𝑆1,
° 90𝑆4,
° …90𝑆19,
° …) are not perfectly rectangular in the 
frequency domain, and the RF pulse applied for a particular slice may also affect 
magnetization of the neighboring slices, which causes an unnecessary signal drop in the 
measurement, and hence, introduces error in the quantification. Therefore, the multislice 






Figure 5.2: Timing diagram for the slice ordering in 2D ss-DWSTEPI-rFoV imaging with 
21 total slices. The prep block (90SS
o − GD − 90PE
o ) prepares magnetization from the total 
phase and slice FOVs. Images of the slices belonging to group 1 (slices 1, 4, 7, 11, 15, 
and 19) were acquired subsequently with different 𝑇𝑀s. The τR(~2 ms) represents 
recovery time before the magnetization from the same phase, and slice FOVs are 
prepared to acquire the images of the slices belonging to group 2 and so on. 
 
also crucial in the imaging of more than 10 slices to keep the values of 𝑇𝑀 in the range of 
0–500 ms; otherwise, 𝑇𝑀 would be significantly long and the signal decays heavily 
during the long 𝑇𝑀 due to the 𝑇1 decay. For instance, the values of 𝑇𝑀 without 
multislice grouping ranges from 0 to 700 ms for 10 slices, 0 to 1000 ms for 15 slices, and 
0 to 1500 ms for 21 slices. Three nonselective 90° pulses may also be applied at the end 
of each slice group (not shown in figure) to saturate all longitudinal magnetization so that 
each slice in every repetition will have the same longitudinal magnetization. The 
saturation pulse eliminates the error caused by different 𝑇1 recovery of the longitudinal 
magnetization at the different 𝑇𝑀𝑠.  
 
5.3.2 Correction for T1 Decay 
The longitudinal magnetization, which is prepared and restored by the first two 
90° RF pulses as shown in Figure 5.1, undergoes an exponential decay of 1/𝑇1 during the 
mixing time even without diffusion-weighting. The exchange between the free- and 
bound-pool water molecules further increases the decay with an additional rate 𝜂. 
Therefore, the apparent decay rate becomes 1/𝑇1





The multiple b-value DW images were acquired by increasing 𝑇𝑀. Since the b-
value is increased by increasing 𝑇𝑀, the signal decays due to 𝑇1
′ decay as well as 
diffusion decay (𝑇1
′-diffusion decay) as given by the equation 
 
𝑆𝑇1′−𝑑𝑖𝑓𝑓  = 𝑆𝑜 exp(−𝑏𝐷) exp (−
𝑇𝑀
𝑇1
′ ) [5.1] 
where 𝑆𝑜 is the signal measured without 𝑇1





is a gyromagnetic ratio, and 𝐺𝐷 , 𝛿, and Δ are the amplitude, duration, and separation of 
the diffusion-weighting gradient pair. 𝑇2 decay is included in 𝑆𝑜  and is constant for all b-
values because 𝑇𝐸 is fixed for all b-values. 
In the absence of diffusion-weighting, the signal decays due to only the 𝑇1
′ decay 
and is given by the equation 
 
𝑆𝑇1′ = 𝑆𝑜 exp (−
𝑇𝑀
𝑇1
′ ) [5.2] 
The effect of 𝑇1
′ decay from the 𝑇1
′-diffusion decay can be removed by dividing 
the signal measured with diffusion-weighting by the signal measured without diffusion-
weighting at the same 𝑇𝑀. The signal decay due to only the diffusion decay can be 
obtained by dividing Eq. [5.1] by Eq. [5.2] and is given by the equation  
 
𝑆𝑑𝑖𝑓𝑓 = exp(−𝑏𝐷)  [5.3] 
where 𝑆𝑑𝑖𝑓𝑓 = 𝑆𝑇1′−𝑑𝑖𝑓𝑓/𝑆𝑇1′ is the signal measured at a particular b-value under pure 
diffusion decay. 
The signal decay curves measured with and without diffusion-weighting are, 





′ decay as well as diffusion decay whereas the 𝑇1






decay. When the 𝑇1
′-diffusion-curve is divided by the 𝑇1
′-curve measured for the same 
values of 𝑇𝑀, the new curve called the diffusion-curve, is obtained, which undergoes 
only the diffusion decay. Dividing the 𝑇1
′-diffusion-curve by the 𝑇1
′-curve often 
introduces fluctuations into the diffusion-curve, particularly at the ultrahigh-b diffusion-
weighting, where the signal-to-noise ratio is low. Therefore, to get a smooth diffusion-
curve, the 𝑇1
′-diffusion-curve is divided by a curve obtained by fitting the 𝑇1
′-curve with 
an appropriate fitting function, for instance, a monoexponential function in phantom 
imaging and bi-exponential function in human SC in vivo imaging (154).  
 
5.3.3 MRI Experiments 
Imaging studies of the 2D ss-DWSTEPI-rFOV pulse sequence were performed on 
a 3 T clinical MRI system (Trio, Siemens Medical Solutions, Erlangen, Germany) 
equipped with maximum gradient strength of 40 mT/m and gradient slew rate of 200 
mT/m/s. The pulse sequence was developed using the Integrated Development 
Environment for Applications (IDEA) pulse sequence development environment.  
5.3.3.1 Phantom experiment. Axial images of a cylindrical phantom filled with 
saline, doped with 0.1 nM MnCl2, were acquired using 2D ss-DWSTEPI-rFOV at room 
temperature. The following imaging parameters were used: 𝑇𝐸 = 64 ms, 𝑇𝑅 = 3.0 s, read 
FOV = 256 mm, phase FOV = 88 mm, slice thickness = 4 mm, number of slices = 21, 
acquisition matrix = 128 × 44. Seven different b-values (𝑏𝑚𝑎𝑥 = 591 s/mm
2) were 
obtained by applying the constant diffusion gradient (duration – 𝛿 = 12 ms and strength – 
𝐺𝐷 = 11 mT/m) along the read-out (left-right) direction for the seven different 𝑇𝑀s 
ranging from 9 to 465 ms. The 𝑏0 (𝑏 = 0 s/mm





diffusion-weighting for the corresponding 𝑇𝑀𝑠. Total imaging time for both 𝑏0 and DW 
images was 10 min 30 s.  
5.3.3.2 In vivo experiment. After approval was obtained from the Institutional 
Review Board, in vivo imaging of a volunteer who provided informed consent was 
performed. The 2D ss-DWSTEPI-rFOV technique was used to acquire axial DW images 
of the CSC using a home-built eight-channel, receive-only CSC array. The imaging 
parameters used were the same as those for the phantom studies except read FOV = 128 
mm, phase FOV = 44 mm, and 𝑏 values in the range of 0–7300 s/mm2. Seven different b-
values (𝑏𝑚𝑎𝑥 = 7300 s/mm
2) were obtained by applying the constant diffusion gradient (𝛿 
= 12 ms and 𝐺𝐷 = 38 mT/m) along the read-out direction (radial DWI) for seven different 
𝑇𝑀s ranging from 9 to 465 ms. The 𝑏0 images were also obtained without diffusion-
weighting for the corresponding 𝑇𝑀s.  
 
 Results 
5.4.1 Phantom Experiment 
The 𝑏0 and DW images obtained from the phantom using the 2D ss-DWSTEPI-
rFOV technique for different 𝑇𝑀s (i.e., 9, 237, and 465 ms) are shown in Figure 5.3a-b. 
A typical 𝑇1
′-curve obtained from a region of interest (ROI) is shown in Figure 5.3c. The 
𝑇1
′-curve decays monoexponentially with 𝑇𝑀, and hence, is fitted with the mono-
exponential function (Eq. [5.2]) because the water molecules in the phantom have single 
𝑇1 value with 𝜂 = 0. The monoexponential fitting of the 𝑇1
′-curve estimated the value of 
𝑇1
′ as 976 ± 2 ms. A typical 𝑇1
′-diffusion-curve obtained from the same ROI is also shown 





obtained by dividing the 𝑇1
′-diffusion-curve by the fitted 𝑇1
′-curve (dashed line passing 
through square symbols in Figure 5.3c) and is also shown in Figure 5.3c. The diffusion of 
the water molecules in the phantom is free diffusion, and hence, the signal decay due to 
diffusion of molecules must be monoexponential (Eq. [5.3]). The diffusion-curve was 
fitted with the monoexponential function. The monoexponential fitting of the diffusion-
curve estimated the diffusivity of the water molecules as (2.51 ± 0.03) ×10-3 mm2/s. 
 
5.4.2 In Vivo Experiment 
The in vivo 𝑏0 images and DW images of the human CSC obtained using the 2D 
ss-DWSTEPI-rFOV sequence for different values of 𝑇𝑀𝑠 are shown in Figure 5.4a-b. 
Typical 𝑇1
′-curves obtained from WM and GM pixels (1 mm × 1 mm × 4 mm) of the 
CSC at the C3 vertebra level are shown in Figure 5.4c-d. The 𝑇1
′- curves were fitted with 
the bi-exponential function as suggested by Soellinger et al. (154) in their bound-pool 
water fraction measurement. Typical 𝑇1
′-diffusion-curves obtained from a WM and GM 
pixels (1 mm × 1 mm × 4 mm) of the CSC at the level of C3 vertebra are also shown in 
Figure 5.4c-d. The diffusion-curve for each WM and GM pixel, which undergoes only 
the diffusion decay, was obtained dividing the corresponding 𝑇1
′-diffusion-curve by the 
fitted 𝑇1
′-curve (dashed line passing through square symbols in Figure 5.4c-d) and are 
also shown in Figure 5.4c-d. The radial DW signal measured in WM is mainly the sum of 
the constant signal from the restricted space (axonal) and approximately 
monoexponentially decaying signal from hindered space (110); therefore, the radial 
diffusion-curve may be fitted with exponential plus constant fitting function (49,78). The 






Figure 5.3: Phantom imaging: (a) 𝑏0 images; (b) DW images; and (c) typical signal decay 
curves (T1
′-curve, T1
′-diffusion-curve, and diffusion-curve) obtained from a ROI. In (c), 
the dashed lines passing through square symbols and triangle symbols represent the 
monoexponentially fitted T1
′-curve and diffusion-curve, respectively. The T1
′-curve in (c) 
is plotted against 𝑇𝑀s = 9, 85, 161, 237, 313, 389, and 465 ms, but 𝑇𝑀s are not 




Figure 5.4: In vivo imaging: (a) b0 images, (b) DW images, and (c-d) typical signal decay 
curves (T1
′-curve, T1
′-diffusion-curve, and diffusion-curve) from WM and GM pixels of 
the CSC at C3 vertebra level, respectively. Dashed lines in (c-d) represent the bi-
exponential fitting of the T1
′-curve (line passing through the square symbols) and 
exponential plus constant fitting of the diffusion-decay curve (line passing through the 
triangle symbols). T1
′-curves in (c-d) are plotted against 𝑇𝑀s = 9, 85, 161, 237, 313, 389, 





0.32 ± 0.03 in a WM pixel with the decaying fraction and diffusivity, respectively, as 
0.68 ± 0.02 and (0.55± 0.08) ×10-3 𝑚𝑚2/𝑠. The constant fraction in the exponential plus 
constant fitting may represent fraction of restricted water (axonal fraction) in the WM 
(110). The map of the restricted water fraction obtained from a 4-mm-thick slice (C3) is 
shown in Figure 5.5. The average values of the fraction measured in ROIs shown in 
Figure 5.5 were 0.36 ± 0.05 (ROI1) and 0.37 ± 0.08 (ROI2) in lateral WM columns. 
 
 Discussion 
The diffusivity of the water molecules in the phantom was estimated as (2.51 ± 
0.03) × 10-3 𝑚𝑚2/𝑠, which is slightly higher than the reported value of the self-diffusion 
coefficient of water molecules, which is noted as 2.30 × 10-3 𝑚𝑚2/𝑠 at 25°𝐶 (156,157). 
The higher values of diffusivity estimated may be due to additional translational motion 




Figure 5.5: Restricted water fraction map for an axial slice of the CSC at the level of the 






′-curve in neural tissues (WM and GM) is complex and deviates from the 
monoexponential decays. The 𝑇1
′-curve was fitted with a bi-exponential function as 
described by Soellinger et al. and Ropele et al. (154,158). The diffusion of the water 
molecules in biological tissue is also intricate and difficult to interpret. However, the 
Monte Carlo simulation of water diffusion in WM and ultrahigh-b study of the ex-vivo 
CSC demonstrated almost constant signal from the axonal space and approximately 
monoexponentially decaying signal from the space outside the axons when the diffusion 
gradient was applied perpendicular to the CSC (110). The signal remaining in the 
ultrahigh-b ( > 5000 s/mm2) region may represent restricted water in axons, and the decay 
rate, if any exists, may indicate the degree of demyelination. Signal from the myelin 
space is considered to be negligible because of the very short 𝑇2 of water molecules in 
myelin space compared with 𝑇𝐸. Therefore, the diffusion-decay curve was fitted with the 
exponential plus constant function and a constant component was assigned to axonal 
space as described by Sapkota et al. (110). In this study, the mean value of the restricted 
water fraction at the C3 vertebra level was estimated as 0.36 ± 0.05 in the lateral WM 
columns (ROIs shown in Figure 5.5), which agreed well with the previously reported 
average value of 0.34 ± 0.08 (78) from anterior, posterior, and lateral WM columns using 
10 in vivo studies of the human CSC at the C4-C5 vertebra level (𝑇𝑀 = 500 ms, 𝑏𝑚𝑎𝑥 = 
7350 s/mm2). More in vivo studies should be conducted to validate the restricted water 
fraction estimated in this work.  
Unlike conventional DWSTE (102), the 2D ss-DWSTEPI-rFOV sequence does 
not waste the long 𝑇𝑀 (> 250 ms) to acquire images from a single slice, but rather 





time efficiency using the new sequence was greatly improved, which results in improving 
the signal-to-noise ratio of the measurement for a fixed acquisition time. Furthermore, 
implementation of the reduced FOV scheme described in this work is more beneficial in 
the new sequence as the first 90° RF pulse flips the magnetization from total slice FOV 
and the second 90° RF pulse with 𝐺𝑆𝑆  in the phase-encoding direction prepared 
magnetization from total slice and phase FOVs. The magnetization from the slice and 
phase FOVs is prepared once while imaging a group of slices. In conventional DWSTE, 
the three slice-selective 90° RF pulses are applied on each slice while imaging the slice. 
The second 90° RF pulse is applied with the 𝐺𝑆𝑆 in the phase-encoding direction for the 
reduced-phase FOV imaging, which flips the magnetization to the transverse plane in and 
out of the imaging slice. The repeated application of the second 90° RF pulse for the 
imaging of each slice continuously decreases the initial longitudinal magnetization (138).  
In this study, variation in b-values is achieved by varying the mixing time, and 
hence, the diffusion time. The 2D ss-DWSTEPI-rFOV sequence is beneficial only if the 
DW images with multiple b-values are needed. In 2D ss-DWSTEPI-rFOV images, the 
signal decays because of the combined effect of the 𝑇1
′ decay as well as diffusion decay. 
To remove the effect of the 𝑇1
′ decay from the experimentally measured 𝑇1
′-diffusion-
decay curve, a set of 𝑏0 images for all 𝑇𝑀s should be acquired, which adds an extra effort 
in data acquisition and post-processing. However, the b0 images may also be used to 
calculate bound-pool water fraction to evaluate the myelination in WM as described by 
Soellinger et al. (154). Some applications such as q-space imaging (159) require the 
variation in b-value by increasing diffusion gradient strength rather than the diffusion 





gradient strength in the 2D ss-DWSTEPI-rFOV imaging; however, different slices would 
have different 𝑇𝑀𝑠, and hence, the different sets of b-values. The slices should not be 
permuted between measurements to keep the mixing time (diffusion time) constant. 
At present, only a limited number of clinical whole-body MRI systems are 
equipped with increased gradient strength, such as 80 mT/m. High-b DWI (𝑏 = ~ 4000 
s/mm2) can be measured with moderate 𝑇2 signal loss using DWSE; however, DWSTE 
can still offer a benefit by acquiring even higher b-values for rDWI to assure complete 
suppression of the signal from the hindered water such as extra-axonal water. The benefit 
of DWSTE for UHB- rDWI using this increased gradient strength needs to be analyzed. 
 
 Conclusions 
A novel 2D ss-DWSTEPI-rFOV sequence for the ultrahigh-b DWI with reduced 
FOV scheme was successfully designed and demonstrated in the phantom as well as in 
CSC in vivo imaging. The new sequence can be used to acquire high-resolution 
ultrahigh-b DW images with higher signal-to-noise ratio from localized anatomic 
structures such as the SC and the optic nerve with significantly reduced distortion 













6 SUMMARY, CONCLUSIONS, AND FUTURE WORKS 
 
 Summary 
With the remarkable advances in hardware and acquisition techniques, to this date, 
it can be believed that MRI can only be a noninvasive imaging technique for the 
diagnosis and prognosis of the spinal cord thoroughly. However, MRI of the spinal cord 
is problematic due to the small area of cross-section, which demands the high-resolution 
imaging. The conventional imaging methods such as 𝑇1-weighted and 𝑇2-weighted 
imaging generally underestimate the disease burden because the changes in the 
conventional imaging methods may appear in the late stages of the disease. Imaging of 
the spinal cord using the advanced imaging techniques such as diffusion and perfusion 
MRI is further challenging. The magnetic susceptibility difference between the tissue and 
bone induces severe geometrical distortion on the images obtained with the conventional 
single-shot EPI. The involuntary motions of the patient, such as cardiac motion, 
respiratory movements, carotid, and cerebro-spinal fluid pulsations, induce blurring or 
ghosting artefacts in the multishot EPI. The chemical-shift effect of the lipids, which is 
presence in the fatty marrow, may also degrade the accuracy on the quantification of 
pathologic burden. Besides these technical challenges, the foremost fundamental 





biological tissues such as WM and GM. To our knowledge, the origin of the signal 
measured in the diffusion MRI of the WM has not been completely understood yet. This 
dissertation focuses on the various aspects; first, it contributes significantly towards the 
understanding of the signal measured in the diffusion MRI of the spinal cord WM by 
performing the MCS of water diffusion in WM, and analyzing the ultrahigh-b DW 
images of the excised pig spinal cord. Secondly, the dissertation focuses on the 
construction of an 8-channel CSC dedicated phased array coil to improve SNR of the 
CSC images. Finally, it contributes to the design of a time efficient and fast acquisition 
technique 2D ss-DWSTEPI-rFOV, which acquires stimulated echoes with reduced phase 
FOV in a single-shot. The single-shot and reduced phase FOV features mitigates the 
motion and off-resonance related artefacts, respectively. 
 
 Conclusions 
The MCS of water diffusion in WM provides adequate knowledge to interpret the 
signal measured in the diffusion MRI. The results of the MCS predicted that the signal 
from the EA spaces decreases gradually with increase in b-value. The EA space signal 
can be suppressed completely with sufficiently high b-value (~20,000 s/mm2 for our 
specimen and ~ 5000 s/mm2 for in vivo CSC). In contrary, the signal from the IA space 
remained almost constant, independent of b-value. The DW signal behavior in the WM is 
very intricate and difficult to resolve because of the complex structure of the WM. 
Therefore, it is essential to suppress the signal from the hindered spaces (EA space) by 
applying sufficiently high diffusion-weighting. After suppressing the signal from the 





not decay with the b-value. The interpretation of the signal from the purely restricted (IA) 
space is much easier and straight-forward because the signal does not decay with the b-
value in an ideal situation. The axonal integrity and intactness may be evaluated more 
accurately by assessing the signal solely from the restricted space. The radial and axial 
UHB-DWI of the excised pig spinal cord supported the fact that the restricted signal in 
the radial DWI is mainly originated from the IA space. The fraction and decay rate (if 
exists) of the restricted signal in the UHB-region are the two essential hallmarks for the 
characterization of the WM. 
An 8-channel CSC dedicated phased array coil yielded the higher SNR images of 
the CSC compared with the manufacturer’s coil. The array was designed in such way that 
the mutual interactions between elements were negligible. The negligible mutual 
interaction between the elements was achieved using the circular and butterfly-shaped 
elements with appropriate geometrical overlapping. Since the interaction between 
elements was negligible, the proposed array was constructed without implementing the 
preamp decoupling technique. The new CSC array design reduces the coil construction 
burden by eliminating phase shifter and cumbersome matching circuitry, which are 
required for the array that utilizes the preamplifier decoupling technique. The high-
quality 𝑇2-weighted, diffusion tensor, and UHB radial DW images were obtained using 
the proposed CSC dedicated array coil. 
Motion and off-resonance related artefacts were greatly reduced in the human in 
vivo spinal cord imaging using the proposed acquisition technique 2D ss-DWSTEPI-
rFOV. The 2D ss-DWSTEPI-rFOV comes with the fast acquisition (single-shot EPI) and 





respectively. The reduced phase FOV was obtained by applying two slice-selective RF 
pulses in the presence of the orthogonal slice selection gradients. Furthermore, the 2D ss-
DWSTEPI-rFOV sequence is beneficial in terms of the SNR compared with the 
conventional STE sequence accompanied by the similar reduced phase FOV scheme 
because the magnetization of a slab (3D) is prepared once while imaging a group of slices 
in the new sequence. In contrast, the magnetization of a slice (2D) is prepared while 
imaging each slice in the conventional STE sequence. The repeated application of the RF 
pulses in the presence of the orthogonal slice selection gradient decreases the 
magnetization. The new stimulated-echo based DWI sequence also allows choosing a 
long diffusion time, and hence, a very high b-value without making TE relatively long. 
 
 Future Works 
Although the MCS of water diffusion in WM provides in-depth knowledge to 
interpret the signal measured in the diffusion MRI of healthy spinal cord, the 
interpretation of the signal measured in the pathologic cord may not be still straight-
forward. The current version of MCS software simulates the diffusive motion of the 
molecules in the WM, which is composed of myelinated cylindrical axons. In the 
pathologic spinal cord, the microscopic environment may not be the same. The diffusive 
motion may be hindered (to some degree) even in the axial direction because of the 
presence of the immune cells and microphases in the EA space. Therefore, the MCS of 
water diffusion with the various disease conditions, such as axonal beading and the 
presence of immune cell and microphases in the EA space, may provide the insightful 





prognosis of the WM diseases. The understanding of the water diffusion in GM may also 
be an area interest in some cases. Therefore, the MCS of water diffusion in GM can also 
provide very important information about the pathology. The results of the MCS and 
findings of UHB-DWI of the specimen with various diseases conditions should be 
validated with the findings of the immunohistology. 
 The eight-channel CSC dedicated array coil provided higher SNR compared with 
the manufacturer’s coil; however, an optimal array design (size and number of elements) 
which yields maximum SNR at the CSC is not exactly known yet. An electromagnetic 
simulation using Maxwell’s equation may predict the optimal size and number of 
elements of an array which gives the maximum SNR at the CSC. Construction of an array 
with optimal SNR at the CSC and validation using MRI would be of great interest in the 
area of CSC coil design. 
While measuring a half of the transverse magnetization at the position of the 
stimulated echo using 2D ss-DWSTEPI-rFOV, another half of the transverse 
magnetization is wasted at the position of the spin echo. Therefore, acquiring both halves 
of the magnetization and combining them using an appropriate method is highly essential 
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